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Ultralydbasert tallfesting av hjertemuskelens
deformasjon og rotasjon
I dette doktorgradsarbeidet er det blitt utviklet nye ultralydbaserte metoder for a˚
vurdere hjertefunksjonen.
Hjertets rotasjon er foresl˚att som en mulig indikator p˚a hjertesykdom, men i dag er
magnetisk resonansavbildning (MR-avbildning) eneste klinisk tilgjengelige metode
for a˚ ma˚le hjertets rotasjon. Da avbildning med MR er forholdsvis tidkrevende og
kostbart, og har lav bilderate, ville det være hensiktsmessig med et ultralydbasert
alternativ. Vevsdoppler og speckle-tracking er to ultralydmetoder for a˚ ma˚le
bevegelsen i hjertet. Vevsdoppler m˚aler hastigheten til kroppsvev i forhold til
ultralydmottakeren basert p˚a dopplerskiftet, og speckle-tracking er en teknikk som
følger det karakteristiske mønsteret i ultralydbildet fra bilde til bilde. Denne
avhandlingen viser hvordan disse metodene kan utnyttes til a˚ m˚ale rotasjon av
hjertet. De nye metodene har blitt prøvd ut p˚a friske og syke hjerter, og har vist
seg a˚ gi ma˚linger som samsvarer med MR-metoden.
Mens konvensjonell medisinsk ultralyd bare avbilder et snitt av hjertet, har det nylig
blitt lansert ultralydmaskiner med mulighet for a˚ samle inn data i tre dimensjoner
(3D). Speckle-tracking basert p˚a konvensjonelle todimensjonale ultralydbilder har
vært begrenset av at vevet flytter seg inn og ut av avbildningsplanet, mens det
med 3D volumavbildning vil være mulig a˚ følge de samme materielle punktene
i vevet over tid. I dette doktorgradsarbeidet er derfor speckle-tracking metoden
blitt utvidet til a˚ følge hjertebevegelsen i 3D. Den nye metoden har blitt testet p˚a
syntetiske ultralyddata samt demonstrert p˚a et utvalg personer med karakteristisk
hjertefunksjon, der den klarte a˚ skille mellom friskt og sykt hjertevev.
Det er ofte vanskelig a˚ teste ut nye metoder for a˚ ma˚le bevegelsen i hjertet, da det
sjelden finnes en kjent fasit. Det har derfor de siste a˚rene blitt etablert metoder for a˚
generere virkelighetsnære syntetiske ultralydbilder basert p˚a matematiske modeller
av hjertet, der bevegelsen er kjent. Disse modellene har ikke klart a˚ gjenskape
variasjonen i intensitet som man ser i hjerteveggen i virkelige ultralydbilder. I dette
doktorgradsarbeidet er det derfor blitt utviklet en ny metode for a˚ modellere hjertet
som tar hensyn til den varierende retningen p˚a muskelfibrene gjennom veggen, og
det viser seg at denne gjør det mulig a˚ forklare de observerte intensitetsforskjellene.
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Abstract
The overall aim of this thesis was to provide new non-invasive methods for assessing
the contractile function of the heart. More specifically, the thesis work has been
concentrated on methods for measuring deformation and rotation for use with
echocardiography. Left ventricular deformation and rotation are quantities that
are closely related to contractility, and are expected to give valuable diagnostic and
prognostic information.
Although noninvasive measurements of LV rotation have been attainable using
tagging techniques in magnetic resonance imaging (MRI), the clinical use of this
method has been limited by low frame rate, high costs, and limited availability.
Two new ultrasound-based methods for measuring left ventricular (LV) rotation in
short-axis images of the left ventricle have therefore been developed in this project:
A speckle tracking method and a tissue Doppler method. The speckle tracking
method estimates LV rotation based on frame-to-frame block-matching of a set of
tracking regions placed within the LV wall in conventional B-mode (brightness-
mode) images. The tissue Doppler method utilizes the velocity field provided by
tissue Doppler imaging (TDI) to estimate LV rotation. Application of the methods
to estimate left ventricular twist in healthy and pathological heart showed results
comparable with measurements by MRI in terms of agreement and repeatability,
except for a systematic underestimation of absolute rotation for the tissue Doppler
method.
An extension of the speckle tracking method for tracking LV deformation in 3D full-
volume ultrasound data has also been developed. Tracking in three dimensions
overcomes the problem with out-of-plane motion, which is an inherent limitation in
tracking based on conventional two-dimensional images. However, tracking in full-
volume ultrasound data is made difficult by lower temporal resolution and generally
poorer image quality. The method was tested in simulated ultrasound data and on a
small selection of human subjects with adequate image quality, where it successfully
distinguished between pathological and healthy LV segments. However, the method
has to be validated in a larger unselected population before any conclusions on its
clinical value could be made.
Recent improvements in hardware and software have made it possible to obtain
realistic computer-simulated ultrasound data that could be used in the development
and testing of tracking methods. However, the existing models of the left ventricle
have not reproduced the inhomogeneous distribution of backscatter intensities seen
within the walls of the heart in real echocardiograms. As a part of this thesis work,
a refined model of the left ventricular wall was developed that incorporated the
structural anisotropy of cardiac muscle fibers by inducing an increased correlation
of the point scatterers in the local directions of the fibers. The methodology was
used to model an excised specimen from the septal wall of a pig’s heart, where
the simulation successfully reproduced the angle dependent variation in backscatter
intensities.
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Chapter 1
Motivation and aims of study
A world of broken hearts. The heart is the workhorse of the human body.
Assuming an average frequency of 70 beats per minute and a stroke volume of 70 ml,
the cardiac cycle of contraction and relaxation is repeated more than 100.000 times per
day, which gives a daily pumping volume of 7000 liters. Although this flow capacity can
be matched by man-made pumps, the additional specifications – life-long maintenance-
free non-stop operation that adapts to the changing need of the body while pumping
an oxygen-rich fluid at a pressure of 16 kPa without damaging the blood cells —
could make an industrial pump supplier turn pale. But every now and then hearts
malfunction, mainly due to blocked or reduced blood supply to the cardiac muscle
cells and surrounding tissue, summing up to be the main cause of death in developed
countries today (WHO, 2002). The stunning or death of cardiac muscle (myocardium)
leads to structural and functional changes in the heart that may be evaluated non-
invasively by a cardiologist using imaging modalities as cardiovascular Magnetic
Resonance Imaging (MRI), Computed Tomography (CT), or echocardiography. Due
to availability, portability, safety and low operating cost associated with ultrasound
scanners, echocardiography has become the primary cardiac imaging modality.
Quantifying cardiac function. In echocardiography, evaluation of the myocardial
function has traditionally been done by visual interpretation of the apparent motion
in the ultrasound image. This is — and will continue to be — a powerful approach
for skilled echocardiologists to obtain information about cardiac function (Silcocks
et al., 1997). However, there are a number of reasons for agreeing on a set of
standardized quantitative measures. Standardized measures allow the cardiologist
to use optimal threshold values based on statistics from large clinical trials as
guidance for their decision-making. It also makes it easier to communicate the
results from an ultrasound examination to other medical professionals, even if they
are not trained in echocardiography. Standardized measurements also makes it easier
for less experienced sonographers to perform ultrasound examinations, and thereby
reduce the risk of misdiagnosis. Moreover, quantitative measures are suitable for
documentation, allowing the hospital to learn from experience. The establishing of
quantitative measurements in echocardiography has the additional advantage that
they prepare the grounds for automated methods. In many cases, automatic or
semi-automatic measurements can reduce the time needed to obtain measurements,
and relieve the sonographer/cardiologist from tedious routine procedures. This can
lead to reduced costs, increased number of examinations, or an increased number of
measurements to support the decision-making. In many cases automated methods
1
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would make the measures less dependent on the user, decreasing the inter- and intra-
observer variabilities. Automatization aids standardization, and might also simplify
the ultrasound examination so that routine examinations can be performed by less
experienced sonographers.
The quest for clinically useful parameters. In this thesis, the information of
interest is the true deformation of the cardiac myocardium. However, the deformation
pattern of the myocardium is quite complex, and the number of parameters needed
to describe this deformation is far beyond what’s meaningful in a diagnostic decision-
making process. What clinicians (and patients) need is a few parameters that could
provide information of the state of the examined heart and that can be reliably
measured in the largest possible percentage of the patient population. It is also
uttermost important that invalid results can be detected so that these are not used in
the decision-making. The particular parameters to be used will most probably depend
on the particular case of application, and finding good candidates is the goal of many
research studies. The role of engineers in this process is to provide the algorithms,
software and hardware needed to measure a larger selection of parameters, so that
their clinical value can be determined in experimental and clinical trials. As the
measurements in ultrasound will often be limited by the measurement process, it is
also important that these limitations are communicated to the clinicians.
It’s just an image. Like all medical imaging modalities, ultrasound imaging is
based on the interaction of wave energy with human tissue (or with an induced
contrast medium). In ultrasound pulse-echo imaging, some of the energy in the
propagating sound waves is reflected or scattered due to local variations in the density
ρ and compressibility κ, giving rise to redirected sound waves that can be detected
and displayed as an image. As abrupt variations in density and compressibility
often is related to tissue boundaries, the ultrasound image can be used to obtain
meaningful structural information of the body. Likewise, information of the motion
and deformation of the structures can be obtained by the temporal changes in the
reflected waves. The actual appearance of the ultrasound images will however depend
on the characteristics of the imaging system as well as the actual structures.
Aims of study. Several ultrasound-based quantitative measures of cardiac function
have been proposed. Most common is the ejection fraction (EF) based on
measurements of changes in ventricular volume. Ejection fraction has shown to be
a good indicator of global left ventricular function, but its ability to give information
about the contractility of the cardiac muscle is unfortunately limited by its load-
dependence (Robotham et al., 1991). The topic of this thesis is Ultrasound-based
quantification of myocardial deformation and rotation, as deformation and rotation
are expected to be more direct indicators of the contractile function and might also
provide information of the regional performance of the cardiac muscle. LV rotation
and torsion have been proposed as sensitive markers of LV function, but MRI tagging
has been the only clinically available method to obtain these parameters. Myocardial
2
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Figure 1.1: Ultrasound-based quantification of myocardial deformation and rotation. The
estimates of deformation and rotation are functions of both the ultrasound imaging system and
the choice of motion estimation methodology, in addition to the true underlying deformation and
motion of the myocardial tissue.
deformation has been measurable based on two-dimensional ultrasound using methods
such as Tissue Doppler Imaging (TDI) and speckle tracking. However, the development
of commercial matrix ultrasound arrays capable of acquiring volume data makes it
possible to measure deformation in three-dimensions.
The aims of this thesis can thus be summarized as follows:
Aim 1: To develop and investigate methods for quantification of rotation and twist
based on short-axis ultrasound images of the left ventricle.
Aim 2: To extend the speckle tracking method to be able to measure deformation
and rotation in full-volume ultrasound data of the left ventricle.
Aim 3: To investigate and discuss fundamental limitations associated with ultrasound-
based assessment of left ventricular deformation and rotation.
The developed methods should be applicable to existing commercial state-of-the-art
ultrasound scanners, and should be suited for clinical use.
Thesis outline
This thesis is organized in an introductory section followed by four self-contained
papers. The introductory section consists of four chapters in addition to the present
motivational chapter. Chapter 2 provides some information on the constituent parts
of ultrasound-based estimation of deformation and rotation (Fig. 1.1), and some
supplementary information on the different reference methods utilized in the main
papers. In Chapter 3, a brief presentation of the scientific contributions of the PhD-
project is given, followed by a general discussion in Chapter 4 and an overall conclusion
in Chapter 5. The papers are presented in chronological order and are equivalent to
the versions submitted to the journals, but layout and citations have been adapted to
the general style of the thesis.
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Chapter 2
Background
2.1 Cardiac structure and deformation
Figure 2.1: Porcine heart.
This section describes the anatomy and physiology of the human heart in general,
and the behavior of the left ventricle in particular. The purpose is to obtain a
physiological understanding of the system we want to measure.
2.1.1 Gross Function
Figure 2.1 shows the exterior of an excised porcine heart. The heart consists of two
functional units: The left side pumps oxygenated blood from the lungs and out to all
the cells of the body, while the right side of the heart pumps the returning oxygen-
poor blood back to the lungs. Each half consists of two chambers, an atrium and a
5
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ventricle.
The right atrium receives blood through three veins. The blood flows from the
atrium through the tricuspidal valve and into the right ventricle. The ventricle ejects
the blood through the pulmonary valve and into the pulmonary trunk.
The left atrium receives blood through four pulmonary veins. The blood flows
from the atrium through the mitral valve and into the left ventricle. The ventricle
ejects the blood through the aortic valve and into the aorta.
2.1.2 The cardiac cycle
The cardiac cycle is usually divided into two main phases: Systole, where the ventricles
contracts and blood is driven into the aorta and the pulmonary artery; and diastole,
where the ventricles dilates and fill with blood. Systole and diastole can be subdivided
into the phases illustrated with echocardiograms in Tables 2.1 and 2.2. Figure 2.2
shows a modified Wiggers diagram that gives a qualitative summary of the changes
in velocities, pressure and ventricular volume during one cardiac cycle. Due to the
different pressure conditions, the exact timing of the cardiac events differ somewhat
between the left and the right side. The ventricles do not empty completely during
systole; the average left ventricular ejection fraction is 0.65 (Hess and Carroll, 2008),
equivalent to a stroke volume of about 70 ml. Some of the residual end-systolic volume
acts like a reserve, which can be utilized to increase stroke volume during exercise.
The contraction of the myocardium is triggered by an electrical potential that
is initiated in a bundle of specialized muscle cells called the sinoatrial node (SA-
node) in the upper lateral region of the right atrium. This potential propagates
through the atrial myocardium leading to atrial contraction. When the potential
reaches the atrioventricular node (AV-node) at the bottom of right atrium, it is
slowed down by approximately 100 ms before it is conducted along the right and left
bundle branches. Finally, the potential spreads through specialized fibres (Purkinje
fibres), and to the myocardial cells, causing ventricular contraction. The propagation
pathways governs the sequence of ventricular contraction. First, the intraventricular
septum contracts. Then the activation of the rest of the two ventricles follows from
apex to base and from endocardium to epicardium. The electrical activity of the
heart can be easily measured using an electrocardiograph (ECG) which has become
an invaluable tool in the diagnosis of several cardiac diseases, and especially in the
diagnosis of abnormal cardiac rhythms. As the sequence of the electrical activation
is of great importance for the overall performance of the pumping function of the
heart, the electrical propagation pattern in the heart is also essential in the design and
calibration of artificial pacemakers.
2.1.3 Cardiac structures
This subsection describes the anatomical features and physical properties of the main
structure of interest in this thesis, namely the left ventricular myocardium. In addition,
the subsection provides a brief review of the properties of other neighboring structures
that might influence the ultrasound-based estimates of LV deformation and rotation.
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Table 2.1: Cardiac phases — Systole
Cardiac Phases — Systole
A4ch Plax Description
At the beginning of the systole the left ventricle is maximally dilated, the ventricular
pressures are low and all four valves are closed.
Isovolumic contraction. The
ventricular contraction causes the
pressure inside the ventricles to rise
rapidly, but, as it still is lower than
the pressure in the arteries, the
aortic and pulmonary valves stay
closed.
(Duration: ∼ 50 ms)
Maximum ejection. When
the ventricular pressures exceed
the arterial pressures the aortic
and pulmonary valves open, blood
from the ventricles streams into
the arteries, and the ventricles
contract. The end of the maximum
ejection phase is defined by the
peak ventricular pressures.
(Duration: ∼ 90 ms)
Reduced ejection. The re-
duced ejection is a result of
reduced muscle contraction in the
ventricles combined with less aortic
compliance. Near the end of
systole, the aortic pressure can be
higher than the ventricular pressure
but the aortic valve stays open due
to inertia of the blood flow.
(Duration: ∼ 170 ms)
A4CH: Apical 4-chamber view; PLAX: Parasternal long-axis view; The given phase durations are average values
from adult men (Katz, 1992).
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Table 2.2: Cardiac phases — Diastole
Cardiac Phases — Diastole
A4ch Plax Description
At the onset of diastole the ventricular pressures decline rapidly. The pressure in the
ventricles has dropped below the pressures in the aortic and pulmonary trunks, and the
consequent deceleration of the blood flow leads to the closure of aortic and pulmonary valves.
Isovolumic relaxation. The
isovolumic relaxation lasts from
the aortic and pulmonary valve
closures, and until the ventricular
pressures have fallen below the
atrial pressures and the mitral and
tricuspidal valves open.
(Duration: ∼ 80 ms)
Rapid inflow. Blood from the
left atrium flows through the open
mitral valve and refills the ventricle.
(Duration: ∼ 110 ms)
Diastasis. The rapid inflow
phase is followed by a quiescent
phase called diastasis where the
inflow is considerably reduced.
The diastasis shortens dramatically
with increasing heart rate, and is
absent at very high heart rates.
(Duration: ∼ 190 ms)
Atrial systole. The atrial walls
contract, forcing a last flow of blood
into the ventricle (“atrial kick”)
before the mitral valve closes.
(Duration: ∼ 110 ms)
A4CH: Apical 4-chamber view; PLAX: Parasternal long-axis view; The given phase durations are average values
from adult men (Katz, 1992).
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Figure 2.2: Wiggers diagram showing velocities, pressure and volume traces from one cardiac
cycle of a healthy heart. (Based on diagrams in Bj˚alie et al. (2001) and Katz (1992)).
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(a) Ventricles. (b) Basal slice. (c) Mid slice. (d) Apical slice.
Figure 2.3: Model of left and right ventricles based on MRI.
Figure 2.4: Schematic illustration of the fiber orientations in the left ventricular myocardium.
Left ventricular myocardium
The myocardium is a complex structure with density about 1.05 g/ml constituted of
cardiac muscle cells (myocytes), coronary blood vessels, connective tissue (e.g. collagen
and elastin) and interstitial fluid.
While the outer surfaces of the heart is quite smooth, the inner surfaces of the
ventricles are mostly irregular due to the presence of trabeculae carneae that is
projections of the myocardium into the ventricular lumen that gives the wall a ridgy
appearance. However, a smooth region is found immediately below the aortic orifice.
A set of characteristic stalks of myocardium — the papillary muscles — arise from
the trabeculae in the distal part of the wall. Typically, two distinct papillary muscles
can be observed within the left ventricle; most commonly located antero-laterally and
postero-medially. The overall shape of the left ventricle resembles a truncated prolate
ellipsoid. The LV walls are generally thicker than in the right ventricle, but the LV
lateral wall is usually very thin at the apex. Figure 2.3 shows short-axis sections of
the left and right ventricles constructed from MRI data.
Although the cardiac muscle have been thoroughly examined at both macroscopic
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and microscopic scales, there is an ongoing dispute concerning the functional
organization of the cardiac cells within the myocardial mass. A systematic review
of the different views is given in Gilbert et al. (2007). The extensive branching of
the cardiac muscle cells makes it difficult to capture the general three-dimensional
organization based on small conventional two dimensional histological sections.
Recently, efforts has been made to obtain larger reconstructed volumes by assembling a
large set of confocal microscopy volume images in order to “bridge the scale gap” (Trew
et al., 2006). In addition, diffusion tensor magnetic resonance imaging (DT-MRI,
see Subsection 2.5.1) constitute a powerful technique to reveal the three-dimensional
myocardial architecture in whole hearts.
The cardiac muscle cells (myocytes) have diameters of about 10 − 20 µm and
length about 50−150 µm (Gilbert et al., 2007). This is much smaller than for skeletal
muscle fibers that have diameters in the range 10 − 100 µm, and often have lengths
of several centimeters. It has been found — both by histology and DT-MRI — that
the orientations of the myocytes in the LV roughly follow a helical pattern spanning
the entire length of the ventricle: Subendocardially, the myocytes constitute a right-
handed helix. This helical configuration changes gradually through the wall, so that
the myocytes becomes circumferentially oriented in the center of the wall, and ends up
as a left-handed helix at the epicardium. This helical organization of the myocardial
structure is illustrated in Fig. 2.4. In reality, there are large local deviations from
this general description. Specifically, the myocytes are not necessarily parallel to the
epicardial surface but might intrude into the thickness of the wall (Lunkenheimer
et al., 2006). Furthermore, the cardiac myocytes are organized in layers about 4-
5 cells thick separated by complex networks of interstitial collagen, fibroblasts and
other components of the extracellular matrix (Trew et al., 2006). These layers run
approximately radially through the LV wall, and follow the local helical myocyte
orientations tangentially (LeGrice et al., 1995). Moreover, it has been suggested that
the cleavage planes between these loosely coupled layers play a significant role in the
LV wall thickening (LeGrice et al., 1995).
Samples of myocardial tissue have been shown to exhibit stress relaxation under
maintained stretch and creep under maintained stress, which implies that the resting
myocardium can be considered a viscoelastic material (Fung, 1981). The variation of
myocardial volume due to coronary flow is likely to be less than one percent during
a cardiac cycle (Spaan, 1985), so the myocardial volume is generally regarded as
incompressible. However, it has been argued that soft tissue like the myocardium,
consisting of fluid in an extracellular matrix of connective tissue, might behave like a
poroelastic material, meaning that blood and interstitial fluid can move within the
myocardium when exposed to stress (D’hooge et al., 2006; Lu and Wang, 2008).
Consequently, volumes are not necessarily conserved at a local level. Furthermore,
the mechanical properties of the myocardium have been shown to be anisotropic —i.e.
dependent on the local fiber directions — and nonlinear (Sachse, 2004)
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Pericardium
The pericardium is the fibrous fluid-filled sac that encloses and restrains the heart. The
pericardium consists of two layers separated by the serous cavity. Normally, the serous
cavity contains up to 30 ml of fluid (Hess and Carroll, 2008), which reduces the friction
between the moving heart and its surroundings. The inner layer — called epicardium
or visceral pericardium — is firmly attached to cardiac wall. The outer layer — the
parietal pericardium — is strongly attached to the sternum, the great vessels and
the diaphragm, and keeps the twisting, contracting, and squeezing heart in place in
the thorax. The pericardium stands out clearly in echocardiograms, especially in the
regions where the ultrasound beams are close to perpendicular to the smooth surface.
Endocardium
Endocardium is the thin layer that covers the inner surfaces of the heart – including
the cardiac valves – similar to the endothelial cells that line blood vessels.
The cardiac skeleton
The fibrous connective tissue that separates the atria from the ventricles is called the
cardiac skeleton. This structure acts as an electric insulator between the atrias and the
ventricles, and supports the cardiac valves and the myocardium. The cardiac skeleton
can be subdivided into the mitral, tricuspidal, aortic and pulmonary valve rings, the
fibrous trigones (small triangular zones of connective tissue between the valve rings),
and the membranous basal part of the intraventricular septum. The high density of
the cardiac skeleton compared to the surrounding tissue results in high backscatter
intensities in echocardiograms, as seen in the images in Tables 2.1 and 2.2.
The mitral valve and the chordae tendineae
The mitral (bicuspid) valve prevents backward flow from the left ventricle to the atrium
during systole. The mitral valve consists of an anterior and a posterior leaflet, where
the anterior leaflet is the wider but occupies less of the mitral annulus. The leaflets
are normally thin, smooth, and translucent, consisting of soft connective tissue and a
fibrous skeleton. The mitral leaflets are anchored by numerous thin cords — chordae
tendineae — to the tips of the papillary muscles, in order to prevent the valves to be
everted into the atrium by the left ventricular systolic pressure. The area of the mitral
valve orifice is normally about 4− 6 cm2.
The mitral valve is seen clearly in most echocardiograms, and the cords are
observable in subjects with good image quality.
Aortic valve
The aortic valve prevents backward flow from the aorta to the left ventricle during
diastole. The circular aortic valve is usually just above 2 cm in diameter and consists
of three nearly equal-sized cusps: the right, left and posterior semilunar cusps. The
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histological structure is the same as in the mitral valve, a collagenous core covered by
fibroelastic tissue and lined with an endothelial layer.
Blood
The cavities of the heart are completely filled with blood. Blood can — like other
liquids — be considered incompressible as an almost infinitesimal increase in the blood
density produces a substantial rise in pressure. Blood consists of approximately equal
volumes of plasma and cells. Plasma consist of about 90 percent water, 7 percent
protein and 2 percent other organic and inorganic substances. The cellular volume
consist mainly of red blood cells (erythrocytes) and less than one percent of white blood
cells and platelets (Fung, 1981). As there is little local variation of cell concentration
in blood, the compressibility and density is almost homogenous within the blood pool.
This makes the blood appear as black regions in the echocardiograms.
2.2 Ultrasound imaging
2.2.1 Ultrasonic pulse-echo imaging
Figure 2.5: Echocardiogram showing a short-axis view of the left ventricle.
Ultrasound pulse-echo imaging utilizes that some of the energy in a propagating
ultrasound wave is reflected or scattered due to local variations in the density ρ and
compressibility κ, giving rise to redirected waves that can be detected and displayed
as an image. The ultrasound waves are usually generated by an array (or matrix)
13
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Figure 2.6: Beamforming.
of ceramic piezo-electric transducer elements. When an alternating voltage signal
is applied to a such an element, it will start to vibrate and thereby give rise to
a compression wave. Conversely, when a piezo-electric element is exposed to a
compression wave, it will generate voltage signal. In order to achieve axial resolution,
short ultrasound pulses are transmitted. When the propagation medium is soft tissue,
the propagation velocity c can be assumed to be fairly constant (i.e. ≈ 1540 m/s), so
that the time interval between the pulse is emitted and a reflected signal is picked up by
the transducer is proportional to the depth of the reflector. The axial detail resolution
— i.e. the minimum spacing ∆r of distinguishable infinitesimal point scatterers — is
therefore dependent on the pulse length τ of the transmitted signal, which is inverse
proportional to the transducer bandwidth B:
∆r = cτ/2 = c/2B (2.1)
The transmitted pulse always contains a few oscillations due to physical limitations
in the pulse generation (e.g ring-down effects). High transmit frequency increases
the maximal bandwidth and would generally result in better resolution. However, the
attenuation of the ultrasound signal increases considerably with frequency, and cardiac
imaging is therefore normally limited to frequencies below 5 MHz to achieve sufficient
penetration depth.
Lateral resolution is achieved by focusing the transducer array by manipulating
the phase by applying delays in the emitted signal for each element, so that positive
interference occur in one specified direction, while the signal is canceled out elsewhere
(see Fig. 2.6). Together, all elements contributing to the signal constitute the active
aperture D. The backscattered signal picked up by the transducer would mainly stem
from scatterers within the main lobe of the beam, and the lateral resolution is thereby
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determined by the width of the main lobe. It can be shown that the lateral beam
profile of a rectangular aperture assumes a Fraunhofer diffraction pattern shaped as
a sinc function (Goodman, 1996). Correspondingly, the to-way (transmit-receive)
lateral beam profile become a sinc2 function. The lateral resolution is commonly
defined by the Rayleigh resolution criterion as the distance to the first minimum of
this sinc2 diffraction pattern, namely:
∆Θ = sin−1
(
λ
D
)
≈ λ
D
(2.2)
where ∆Θ is the lateral angular resolution and lambda is the wavelength. The last
approximation is valid for small angles. The spatial resolution ∆l at depths equal to
the focal length F becomes thereby:
∆l = ∆Θ F = f/#λ (2.3)
where the f-number f/# denotes the focal ratio defined as f/] = F/D. In order
to achieve a more homogenous lateral resolution, dynamic focusing and expanding
aperture can be performed during receive, aiming to keep the f-number unchanged
with depth. The amplitudes of the side lobes may be reduced by lowering the signal
amplitude towards the edges of the aperture, at the expense of a wider main lobe.
The 2D ultrasound image is constructed by putting together several beams that
cover different parts of the object under investigation. Three different array-element
configurations are represented in this PhD work: The linear sequential array, the
linear (1.5D) phased array, and the 2D array. The linear sequential array has typically
up to 512 transducer elements resulting in a large transducer footprint. The image
is formed by transmitting pulses perpendicular to the face of the transducer from a
sub-aperture. The transmitting sub-aperture is sequentially shifted along transducer
aperture, resulting in a rectangular field of view, where the width equals the transducer
footprint. In cardiac imaging, the transducer footprint is limited by the spacing
between the ribs. In order to achieve a wider field of view, the beams are steered in
different azimuthal directions resulting in the sector-shaped view seen in e.g. Fig. 2.5.
In the so called 1.5D array, the aperture consist of a 2D array of elements — but with
a very limited number of elements in the elevational direction — allowing improved
elevational focusing but no elevational steering. A 2D phased array consists of a large
number of elements in both directions, which makes it possible to steer the beam in
elevation as well as in azimuth within a pyramidal field of view.
Assuming linear wave propagation and neglecting multiple scattering, the imaging
process may be regarded as a linear filter applied to an object function, which describes
the real variations of density and compressibility. This is seen in Fig. 2.7(a), where
filtering of the object function to the left results in the ultrasound image to the right.
The filter is the system’s point spread function (PSF). The PSF is defined as the
spatial impulse response of the system, i.e. the output of the system in the case of
a single ideal point scatterer. The bright regions in the ultrasound image – in the
areas where the structures are close to perpendicular to the beams – have also become
narrower although this effect is cushioned by the lateral blurring.
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(a) Spatial domain
(b) Frequency domain
Figure 2.7: Illustration of the ultrasound imaging process of a short axis slice of the heart.
Figure 2.8: Simulated ultrasound image of the same short-axis model as in Fig. 2.7 using an
imaging system with a higher f-number.
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The echogenic properties of an object is given by the acoustic impedance Z, which
is a function of the density ρ and the compressibility κ :
Z = ρc =
√
ρ
κ
(2.4)
Due to the directivity of the compression waves and the finite aperture size, the
ultrasound imaging process provides an orientation-dependent view of the acoustic
properties of the object. In other words, the image consist only of the scatterer signal
that is reflected back to the aperture. The lateral frequency content of the image is
therefore limited by the critical angles ±θc in elevation and azimuth, defined by:
θc = tan−1
(
1
2f/#
)
(2.5)
The effect of this directional limitation is apparent in Fig. 2.7(a). In the object function
to the left, the acoustic impedance of the object is correlated circumferentially inside
the myocardium to resemble circumferentially orientated muscle fibers. The resulting
ultrasound image shows increased backscattering where the normal to these circular
layers are within the critical angles. If we look at the spatial frequency content of the
object and the images (Fig. 2.7(b)), i.e. their 2D Fourier transforms, the limitations
of the imaging process become evident. Such a spatial frequency description of an
imaging system may be referred to as the k-space. Only parts of the spatial frequency
content of the object function is apparent in the ultrasound image. In the axial
direction the imaging process is bandlimited due to the non-infinitesimal pulse length.
In the lateral direction the imaging process is a low-pass function limited by the critical
angles. (A schematic drawing of the spatial frequency response is shown in Fig. D.2
in the last paper.) Figure 2.8 shows the effect of using a smaller aperture and thus,
a higher f-number. The region of the support in the frequency domain has become
narrower laterally, resulting in worse lateral resolution in the ultrasound image.
To sum up, the appearance of the ultrasound image is not just a function of the
acoustic impedance of the investigated tissue, but is highly dependent on the imaging
system. Particularly, the frequency content of the transmitted pulse and the scanning
geometry given by the f-number determine how much of the spatial frequency content
of the tissue could be observed in the resulting ultrasound image.
2.2.2 Tissue Doppler imaging
Due to the Doppler effect, tissue motion causes a frequency change in the returned
echoes, known as the Doppler shift fd, that is proportional to the tissue velocity
parallel to the beam vq:
fobs = f0 + fd = f0
(
1− 2vq
c
)
(2.6)
where fobs is the observed echo frequency, f0 is the transmit frequency, and c is the
sound velocity.
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According to this equation, it should be possible to calculate the tissue velocity
from one single ultrasound pulse by measuring the Doppler shift. However, a very
long observation time is needed to achieve a frequency estimate with resolution high
enough to quantify the small Doppler shifts associated with tissue motion. This is
incompatible with the demand for axial resolution. Moreover, the frequency is also
changed during propagation due to for example frequency dependent attenuation.
Consequently, it is preferable to calculate the tissue velocities from the observed phase
shift ∆φ from a packet of pulse transmissions (Torp, 2000):
v˜q =
c∆˜φ
4pif0T
(2.7)
where T is the pulse repetition time. The phase shift can be found from the
autocorrelation estimator with lag 1 (R˜1):
∆˜φ = args
(
R˜1
)
= tan−1
(
Im{R˜1}
Re{R˜1}
)
(2.8)
R˜1 =
1
N − 1
N−1∑
k=1
z(k + 1)z(k)∗ (2.9)
where N is the number of pulses in each packet, and z(k) is the complex time-
discrete signal sample at time kT . Consequently, z(k) and z(k+1) are signal samples,
corresponding to the same depth, from two consecutive pulses within the same packet.
The phase angles are resolved in the interval [−pi, pi] only, and phase angles outside
these limits would therefore be folded into the interval. This effect is called velocity
aliasing. The maximal absolute velocity is named the Nyquist velocity and is given
by:
vNyq =
c
4f0T
(2.10)
The two-dimensional tissue Doppler image consists usually of fewer (and wider)
ultrasound beams than a B-mode image with the same field of view. The estimated
tissue velocities are usually shown as a color overlay on top of the B-mode images
acquired between the Doppler images, in order to make it easier to identify anatomical
structures. Most commonly, the velocities towards the probe are shown as red colors,
while velocities away from the probe are shown as blue.
2.2.3 Full volume imaging
Although acquisition of three-dimensional ultrasound has been possible by mechanized
or free-hand translation or rotation of 1D (or 1.5D) arrays or by sparse 2D arrays,
the complex acquisition, limited commercial availability, or poor image quality has
prevented its use in daily clinical practice. The first commercial transducer with a fully
sampled 2D array was the X4 xMatrix transducer introduced by Philips in 2002 as a
part of the SONOS 7500 scanner (Savord and Solomon, 2003; Salgo, 2007). Since then,
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other large providers of ultrasound systems have released ultrasound systems with real-
time 3D capabilities, bringing promises of a new spring for 3D echocardiography.
Construction of 2D array transducers is complicated by the large number of
elements involved and the high impedance due to the tiny elements. While 64-128
elements are sufficient for an 1D array, a fully sampled 2D array typically consists
of 2000–3000 elements. Using a traditional phased array design, this would result in
an interconnect cable with approximately ten times the normal diameter, which is
naturally not acceptable. This is solved by performing parts of the beam forming in
integrated circuits within the transducer housing. In this way, the base system can
treat the 2D array as a simpler array with just a fraction of the number of elements.
In echocardiography, high temporal resolution is needed to evaluate the structural
changes within a cardiac cycle, which usually lasts less than one second. At the same
time, it is preferable to maintain a field of view that is wide enough to cover the entire
left ventricle. As the pulse repetition time is determined by the time needed for a
pulse to propagate the entire depth of the field of view and back again, the speed of
sound in soft tissue (c ≈ 1540 m/s) limits the achievable frame rate. Performing 3D
cardiac imaging using a simple pulse-echo approach and a wide field of view would
consequently result in volume rates about 1 Hz, which is undoubtedly far too low.
Increased temporal resolution could be achieved by reducing the number of transmit
beams at the cost of poorer lateral resolution. However, a preferred solution is to
increase the volume rate by using multi-line acquisition (MLA), i.e. several receive
beams per transmit beam (Shattuck et al., 1984). In contrast to 1D arrays, a 2D array
allows MLA in two dimensions, which makes it even more beneficial. However, the
increased volume rate comes at a cost. The use of MLA requires a wider beam width
to fit the receive beams, and thereby leads to poorer image quality. Furthermore, the
misalignment of the transmit and receive beams inherent in the MLA approach results
in block artifacts corresponding to the MLA groups in the ultrasound data. Wavefront
aberrations — i.e. distortions of the beams due to inhomogeneities in the body wall,
especially in fat – make it difficult to compensate for this artifact in real patients
(Bj˚astad et al., 2007). The MLA artifact becomes worse when the angle between the
transmit and receive beams increases, which also places a limitation on the feasible
number of parallel receive beams.
By reducing the number of beams in a MLA , real-time full volume imaging could
be performed (Frey and Chiao, 2008). However, in order to achieve a large enough
field of view with better lateral resolution, MLA is often combined with ECG-gated
capture. Using gated capture, the imaging volume is built up over several (usually
four) heart beats (Brekke et al., 2007). A subvolume is acquired in each cardiac
cycle, as seen in Fig. 2.9. (In contrast to the figure, the central parts of the volume are
normally acquired first, e.g. in the order 2–3–1–4.) For each subvolume, the previously
acquired cardiac cycle is replayed until a new update is available. The alignment of the
subvolumes could therefore be corrupted by variations in cardiac rhythm, breathing,
or probe motion.
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Figure 2.9: Gated acquisition.
Figure 2.10: Illustration of the decorrelation of the speckle pattern in ultrasound images due to
tissue deformation.
2.3 Tracking methodology
2.3.1 Speckle
Speckle is the characteristic texture seen in ultrasound images as spatial fluctuations in
the intensity. Speckle is a consequence of the interference between waves with different
20
2.3 Tracking methodology
(a) A tracking kernel
(white square) is
defined around the
track point in an
initial frame k.
(b) The tracking
kernel is compared
with target regions of
the same size in frame
k+1 within a limited
search region (dashed
black line) using a
block similarity
measure.
(c) The inter-frame
displacement is found
from the optimum of
the similarity function.
(d) The position of
the track point is
updated according to
the estimated
displacement and a
new tracking kernel is
defined.
Figure 2.11: Speckle tracking. Determination of the inter-frame displacement of a track point
using block matching
phases, and can also be observed in electromagnetic waves, for example when a laser
beam is scattered of a rough surface. In pulse-echo ultrasound, the numerous sub
resolution scatterers give rise to new waves. The waves have different phases, which
creates seemingly random amplitude variations in the resultant signal.
Although the speckle pattern does not directly reflect real structures, it is
deterministic in the sense that the speckle pattern remains the same (for fixed
transmit/receive frequencies) as long as the distance between the scatterers is
unchanged in the beam direction. This means that the speckle pattern is preserved
under tissue translation (assuming unchanged insonification angle). If the distance
between the scatterers changes due to deformation or rotation, the axial phase
contribution from each point scatterer is altered, resulting in a different diffraction
pattern in the received signal. Therefore, as long as the inter-frame deformation (or
rotation) of the tissue is small, the speckle pattern is expected to degrade gradually.
Figure 2.10 illustrates that the speckle pattern still is recognizable after a small axial
compression, but is completely changed by a larger compression.
2.3.2 Speckle tracking
Speckle tracking is a block-matching method for tracking motion in ultrasound images.
It is based on the assumption that the local speckle patterns is sufficiently preserved
between frames to allow tracking of the local tissue motion from displacements of local
intensity patterns.
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(a) Initial configuration in end-diastole. (b) Tracked positions in end-systole.
Figure 2.12: Speckle tracking of nine left ventricular points in an apical 4-chamber view. The
regions of interest (ROIs) are shown as white quadrilaterals (which correspond to rectangular
ROIs in beam-space).
Usually, several regions of interest (ROIs) are place within the structures to track.
Figure 2.11 shows how the speckle pattern within such an ROI is tracked from one
frame to another. The ROI in a frame k (Fig. 2.11(a))— the tracking kernel —
is compared with all possible target ROIs of the same size in frame k + 1 within
a defined search region (Fig. 2.11(b)). The search region is usually defined using a
priori knowledge of the maximum expected inter-frame displacement. The comparison
is performed using a similarity measure, and results in a spatial similarity map
(Fig. 2.11(c)). The displacement is found as the optimum of this similarity map,
corresponding to the best match. A new displaced ROI is then defined in frame k+ 1
(Fig. 2.11(d)) that could be used to track the speckle motion between frame k+ 1 and
frame k + 2. Figure 2.12 shows an example of speckle tracking in a 4-chamber view
using seven ROIs placed within the left ventricular myocardium and two ROIs on the
cardiac skeleton.
Speckle tracking can be applied to the raw radio frequency (RF) data, the envelope
detected beam-space data, or the displayed scan-converted data. Using RF-data,
better axial resolution of displacements could be achieved, but due to the strong
cyclic component the matching function becomes less smooth, and this might increase
the possibility of false matches. For the same reason, RF data are associated with
more decorrelation than envelope data for high strain values (Alam and Ophir,
1997). Furthermore, tracking in RF data generally requires more computation time
because of the higher sampling rates and increases the difference between axial and
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lateral resolution. For these reasons, RF tracking is mostly used in applications
associated with small deformation (and preferably in the axial direction), as for
example elastography (Wilson et al., 2000).
In the description above all possible blocks in the search region were evaluated. In
order to save computation time, a search algorithm could be applied that tries to find
the optimum based on evaluation of a few blocks. Such methods are unfortunately
not guaranteed to end up in the global optimum of the search area. Hierarchical (or
multi-scale) block matching is another approach (Basarab et al., 2007), where the
displacement estimates are refined by performing the matching at different resolution
scales in order to make the tracking estimates more robust or to reduce computation
time.
The coarse resolution in the beam directions introduces quantification error in
the lateral tracking. This problem can be reduced by introducing sub-pixel methods
to improve the lateral resolution. Relevant sub-pixel methods could be to calculate
the displacement vector as an average of tracked neighboring points, interpolate the
similarity map across the search area, or interpolate beam space data in the two lateral
directions.
2.3.3 Similarity measures in block matching
The three similarity measures most commonly used in speckle tracking are the
normalized cross-correlation (the cross-correlation coefficient), the sum of absolute
differences (SAD), and the sum of squared differences (SSD). The equations of these
are found below. The normalized cross-correlation (NC) is generally expected to yield
optimal estimates (Viola and Walker, 2003). However, SSD and SAD have been shown
to give comparable 2D tracking results with reduced computational complexity (Bohs
and Trahey, 1991; Langeland et al., 2003).
Other measures includes polarity-coincidence correlation (one bit correlation),
hybrid-sign correlation, and the Meyr-Spies method. These have been shown to have
inferior performance for 1D tracking in ultrasound RF data (Viola and Walker, 2003)
and are rarely used. In addition, the two first are dependent on the sign of the signals
and are therefore not well suited for tracking envelope data. Invariant moments
(Ding et al., 2001) provides a means of comparing data templates irrespective of
their rotational differences. However, due to the rotational dependence of the speckle
pattern (Subsection 2.3.1) the benefits of this method are limited for ultrasound data.
Normalized cross-correlation. If Ck and Ck+1 is the image data in frame k and
k+ 1, respectively, and (x0, y0) is the center of the ROI of size (2m+ 1)× (2n+ 1) in
frame k, then the normalized cross-correlation coefficient rnc for a given displacement
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[dx, dy] is given by:
rnc(dx, dy) =
n∑
j=−n
m∑
i=−m
Ck(x0 + i, y0 + j)Ck+1(x0 + dx+ i, y0 + dy + j)√√√√ n∑
j=−n
m∑
i=−m
C2k(x0 + i, y0 + j)
√√√√ n∑
j=−n
m∑
i=−m
Ck+112(x0 + i, y0 + j)
(2.11)
The denominator is a normalization factor. When the kernel and the target regions
are normalized so that they have zero means, i.e.:
n∑
j=−n
m∑
i=−m
Ck(x0 + i, y0 + j)
(2m+ 1)(2n+ 1)
=
n∑
j=−n
m∑
i=−m
Ck+1(x0 + i, y0 + j)
(2m+ 1)(2n+ 1)
= 0 (2.12)
the correlation coefficient rnc will be a value in the interval [−1, 1]. If rnc = 1, the
intensity variations in the kernel and the target regions are completely correlated
and there is a perfect linear relationship between the two regions. Lower values of
rnc signify a weaker linear relation between the regions, and rnc = 0 means that
the intensity patterns in the two regions are completely independent. Negative values
indicate inverse dependence of the regions, and rnc = −1 means that there is a negative
linear relationship between the regions.
Sum of absolute differences. Using the same notation as in eqn 2.11, the similarity
measure rSAD is defined by:
rSAD(dx, dy) =
n∑
j=−n
m∑
i=−m
|Ck(x0 + i, y0 + j)− Ck+1(x0 + dx+ i, y0 + dy + j)|
(2.13)
Consequently, rSAD = 0 means that the kernel and target regions are equal. The
value of rSAD is restricted to the interval [0, (2m+ 1)(2n+ 1)(Cmax − Cmin)], where
Cmax denotes the maximal absolute pixel value. (The upper limit corresponds to a
completely black kernel region and a white target region, or vice versa.)
Sum of squared differences. The similarity measure rSSD is quite similar to the
sum of absolute differences in eqn 2.13, but weighs larger deviations in intensity values
more than smaller deviations:
rSSD(dx, dy) =
n∑
j=−n
m∑
i=−m
(Ck(x0 + i, y0 + j)− Ck+1(x0 + dx+ i, y0 + dy + j))2
(2.14)
The value of rSSD lies within the interval [0, (2m+ 1)(2n+ 1)(Cmax − Cmin)2].
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Mutual information
Mutual information is a measure based on correspondence of the number of pixels at
each intensity level between the kernel and the target region, and not on the intensity
values themselves (Maes et al., 1997; Pluim et al., 2003). It assumes that there exists
an one-to-one correspondence between the intensity levels in the two images but not
necessarily a linear relationship as assumed by NC, SAD and SSD. This property
makes mutual information well suited for intermodality registration, and it has become
a popular similarity measure in e.g. registration of MRI and CT images. The recent
deployment of 3D ultrasound systems has also led to an increased interest in mutual
information within the field of echocardiography (Shekhar and Zagrodsky, 2002; Elen
et al., 2007). Unfortunately, the speckle pattern in ultrasound data might violate
the assumption of one-to-one correspondence. Therefore, ultrasound data are usually
filtered in order to reduce the negative impact of the speckle pattern.
2.3.4 Optical flow
The block-matching approach is often considered to be a subgroup of optical flow
(Barron et al., 1994; Angelini and Gerard, 2006). The common goal of the optical flow
methods is to quantify or visualize motion based on spatio-temporal data sets. Often
the entire velocity field in each frame is calculated, but the motion estimation can also
be done by tracking the motion of a set of ROIs, like in the speckle tracking approach.
Besides block matching, the optical flow methods can be divided into differential and
frequency techniques (Boukerroui et al., 2003). The differential techniques estimate
the velocity field from derivatives of the intensity values. They are often limited
to sub-pixel (or sub-voxel) inter-frame displacement and as they involve numerical
differentiation, they might be sensitive to noise. The frequency techniques are based
on the observation that motion corresponds to orientation in the spatio-temporal
frequency domain, so that the velocity could be estimated from the energy distribution
in the spatio-temporal Fourier transform. In the differential and frequency techniques,
the calculation of the velocity fields is preferably based on a number of frames with
little temporal change in velocities. The velocity estimates in block matching, on the
other hand, is usually based on only two frames. A thorough review of the different
optical flow techniques is found in Barron et al. (1994).
2.4 Left ventricular rotation and strain
2.4.1 Rotation, twist and torsion
In three dimensions, rotation is the change in angular position relative to an axis of
rotation. Figure 2.13 shows how the motion of a material point p from time k to time
k+ 1, results in a rotation θ relative to the rotation axis ~k. Any motion radially away
from ~k or parallel to ~k does not contribute to the measured rotation. If the axis of
rotation is aligned with the z-axis, the angle (θ0) of a point, relative to the x-axis,
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 pk
θ
 pk+1
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Figure 2.13: Rotation angle (θ) around an arbitrary axis of rotation (~k).
could be determined by its x- and y-components:
cos θ0 =
x√
x2 + y2
∧ sin θ0 = y√
x2 + y2
(2.15)
The angle θ0 in the range (pi, pi] could be found by using the four quadrant inverse
tangent function:
θ0 = atan2(y, x) ≡

−atan2(−y, x) y < 0;
pi − arctan(−y/x) y ≥ 0, x < 0;
arctan(y/x) y ≥ 0, x > 0;
pi/2 y > 0, x = 0;
0, y = 0, x = 0;
(2.16)
The rotation θ in Fig. 2.13, with respect to the material position in frame k, could
thereby be calculated by:
θ = θ0,k+1 − θ0,k. (2.17)
The possible wrapping from positive to negative angles, and vice versa, could in most
cases easily be detected and accounted for.
The angular velocity ω is the first derivative of angular displacement, which is
related to the tangential velocity vq at distance r from the rotation center:
ω =
dθ
dt
=
vq
r
(2.18)
This relation is important for the calculation of rotation from tissue Doppler velocities
in Paper B.
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(a) Circular bar twisted
relative to a reference
configuration (dashed lines).
Height : h = 1.00 cm;
Rotation : θ = 22.5◦;
Twist : ∆θAB = 45
◦;
Torsion : Θ = 45◦/cm.
(b) Short circular bar with the
same twist angle as in (a).
Height : h = 0.50cm;
Rotation : θ = 22.5◦;
Twist : ∆θAB = 45
◦;
Torsion : Θ = 90◦/cm.
(c) Short circular bar with the
same torsion as in (a).
Height : h = 0.50cm;
Rotation : θ = 11.25◦;
Twist : ∆θAB = 22.5
◦;
Torsion : Θ = 45◦/cm.
Figure 2.14: Illustration of rotation, twist and torsion.
In 2D geometries, counter-clockwise rotations are usually given positive signs. In
3D, clockwise and counterclockwise directions have to be defined relative to some
reference in order to be unambiguous. In the papers in this thesis, positive numbers
represents counter-clockwise rotation when viewed from the base, but not when viewed
from the apex. As an apical point of view is most common, both in imaging and in
open-chest surgery, it might be generally more convenient to let positive numbers
represents counter-clockwise rotation when viewed from the apex. This has also
become the most widespread convention.
Angle of twist (or twist angle) may be defined as the rotational difference between
two material points that initially have the same angle with respect to an axis of
rotation. From the field of solid mechanics, a typical example is the twisting of a
circular bar under action of external torques in both ends. The angle of twist is given
by the resultant rotation due to the torque measured in one end minus the rotation
measured at the other end. This is illustrated in Fig. 2.14, where the rotation in the
upper end (A) and the lower end (B) results in an angle of twist:
∆θAB = θA − θB (2.19)
that is independent of the height (h) of the cylinder. It should be noted that the
papers in this thesis deviates somewhat from these definitions: In Paper B the angle
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of twist is calculated from two short-axis levels, where the observed material points
might change during rotation. Furthermore, in Paper A, the same measure is referred
to as torsion, in order to be in agreement with previous studies.
In engineering, torsion (Θ) is usually calculated as the angle of twist per unit
height:
Θ =
∆θAB
h
(2.20)
For the cylinder in Fig. 2.14, the shear angle γ is related to torsion by:
γ ≈ dsA − dsB
h
≈ (θA − θB)r
h
= Θr (2.21)
where dsA and dsB is the circumferential displacements at the ends in distance r from
the rotation axis.
2.4.2 Strain and deformation
One-dimensional strain
The change of length in a line segment may be quantified using the one-dimensional
Lagrangian strain :
(t) =
L(t)− L0
L0
=
L(t)
L0
− 1 (2.22)
where L(t) is the length of the line segment at time t and L0 is a reference length
— usually the length of the segment before deformation. Strain is a dimensionless
quantity – often expressed as a percentage – where positive values denotes lengthening
and negative denotes shortening. Lagrangian strain is also called Cauchy strain or
engineering strain.
Strain rate is the time derivative of strain:
˙(t) =
L˙(t)
L0
(2.23)
Strain rate has the unit s−1. It is also possible to define strain rate with respect to
the instantaneous length L(t) rather than a reference length:
˙N (t) ≡ L˙(t)
L(t)
=
dL(t)
dt
L(t)
(2.24)
This is a convenient measure in for example color Doppler imaging as the strain rate
could be determined in each frame from the velocities in the end points:
˙N (t) =
v2 − v1
L
(2.25)
Integration of eqn 2.24 results in another strain measure N (t), which is referred to as
logarithmic, true, natural, or Eulerian strain:
N (t) =
∫ t
t0
dL(t)
dt
L(t)
dt =
∫ L
L0
1
L(t)
dL = ln (L(t))− ln (L0) = ln
(
L(t)
L0
)
(2.26)
28
2.4 Left ventricular rotation and strain
where the change of integration variable was done using the substitution rule. This
yields the relation between Eulerian and Lagrangian strain:
N = ln(+ 1) (2.27)
 = eN − 1 (2.28)
Eqns 2.22, 2.26, and 2.28 give the relation between Eulerian and Lagrangian strain
rate:
˙N =
˙
1 + 
(2.29)
˙ = ˙N eN (2.30)
Consequently, the difference between the Eulerian and the Lagrangian strain measures
increases with strain. The (somewhat misleading) use of the terms Lagrangian and
Eulerian strain and strain rate, reflects that the first often is most convenient in a
Lagrangian reference frame which follows the motion of the material points, while the
latter often is used in an Eulerian reference frame, in which the motion is evaluated
at fixed locations in space.
Strain in three dimensions
Due to the approximately ellipsoidal shape of the left ventricle, it is often more
convenient to describe the deformation using local coordinates instead of a global
Cartesian coordinate system. The local coordinates are defined by a radial, transmural
axis (~kr), a circumferential axis (~kθ), and a longitudinal axis (~kφ). The axis forms
ideally a rectangular coordinate frame locally, with ~kr perpendicular to the wall, ~kθ in
parallel to the wall in the anti-clockwise direction viewed from the base, and ~kφ parallel
to the wall in the base-to-apex direction (Fig. 2.15). For a symmetric ellipsoidal left
ventricle these local coordinate systems would coincide with the axes of a global prolate
spheroidal coordinate system.
Assuming a small volume element within the wall, the deformation of this element
may be described by a strain matrix containing 9 elements; 3 normal strains i and 6
shear strains γij :
ij =
 11 12 1321 22 23
31 32 33
 =
 1 12γ12 12γ131
2γ21 2
1
2γ23
1
2γ31
1
2γ32 3
 (2.31)
where 1,2, and 3 denotes the first, second, and third coordinate in the given coordinate
system. The elements in eqn 2.31 could be determined by calculating the finite strain
tensor with respect to the given coordinates. The finite strain tensor is given by:
ij =
1
2
(
δui
δxj
+
δuj
δxi
− δuk
δxi
δuk
δxj
)
(2.32)
where u(x, t) is the displacement field. For small deformations, the non-linear or
second-order terms of the finite strain tensor can be neglected resulting in the simpler
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Figure 2.15: Left ventricular coordinate systems. (Based on an illustration in D’hooge et al.
(2000).)
Figure 2.16: Longitudinal strain. Assuming the initial LV configuration in the leftmost illustration,
the total longitudinal strain could be affected by LV lengthening, twist and shape changes.
infinitesimal strain tensor:
ij ≈ 12
(
δui
δxj
+
δuj
δxi
)
=
1
2
(∇jui +∇iuj) (2.33)
The assumption of small deformation also implicates that there is little difference
between the Eulerian and Lagrangian description. However, the LV undergoes large
deformations during the cardiac cycle, so that the assumption of infinitesimal strains is
generally inaccurate. In the local LV coordinates, 1 (= r) would describe transmural
strain (i.e. wall-thickening), 2 (= θ) circumferential strain, and 3 (= φ) longitudinal
strain. The shear angle γ32 (= γθφ) would be related to the LV torsion. (Assuming
a cylindrical shape, γ3,2 (= γθz) would be given by eqn 2.21.) The quantification of
3D strain in this thesis is based on a quadrilateral mesh of ROIs that initially are
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(approximately) aligned in the circumferential and longitudinal directions. Thus, the
initial mesh coincides locally with the ~kθ and the ~kφ directions. The mesh follows the
material motion of the ROIs during the cardiac cycle, and circumferential strain (˜θ)
and longitudinal strain (˜φ) are measured from the distances between neighboring ROIs
using the definition of strain in eqn 2.22. In the case of no shear, the resulting strains
would be the same as θ and φ, respectively. In the case of shear, the strain values
derived from the mesh would additionally be dependent on the segment lengthening
due to the shear, as illustrated (for longitudinal strain) in Fig. 2.16.
As the shear elements in the strain matrix do not alter the volume of the volume
element, the change in volume is only dependent on the normal strains 1, 2, and
3. Considering an initially cubic volume element with edge length a, the change in
volume
∆V = V − V0 = a3(1 + 1)(1 + 2)(1 + 3)− a3 (2.34)
If the volume is conserved during deformation (i.e. incompressibility of the medium)
∆V = 0, which — using eqn 2.34 — gives a relation between the normal strains:
(1 + 1)(1 + 2)(1 + 3) = 1 (2.35)
If we again assume small deformation, the second and third order terms may be
neglected and eqn 2.35 could be simplified to:
1 + 2 + 3 ≈ 0 (2.36)
In either case the third normal strain element could be calculated from the two others.
Unfortunately, calculation of the radial strain (˜r) based on the mesh-derived strain
measures (˜φ and ˜θ) would not be exact due to the dependence on the shear strains.
2.5 Reference methods
In this section, information is given about the reference methods used in the papers.
An absolute ”ground truth” reference is seldom obtainable when it comes to methods
for measuring structures and tissue motion inside living bodies. Most available
reference methods suffer from limitations in accuracy or application.
2.5.1 Magnetic resonance imaging (MRI)
Magnetic Resonance Imaging (MRI) is an imaging technique that exploits the quantum
mechanical properties of certain nuclei when exposed to a strong external magnetic
field. These properties are related to the magnetic moment in these nuclei, due to their
intrinsic nuclear spin. Hydrogen is such a nucleus, and is — due to the abundance of
water molecules in human tissues — the most commonly utilized nucleus in medical
MRI.
In a simplified view, these nuclei can be thought of as small magnets spinning
around their own axes. In a magnetic field, the nuclei will become orientated parallel
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Figure 2.17: Magnetic resonance image (Achieva 3T, Philips Medical System, Best, Netherlands)
of an excised porcine left ventricle embedded in poly vinyl alcohol cryogel (PVA-C).
or anti-parallel to the field. The parallel orientation is the lower energy state of the
nuclei, and therefore marginally more of the nuclei are oriented this way. However,
the axes of the spinning nuclei would themselves rotate around the direction of the
magnetic field — a motion known as precession. The precession frequency is called
the Larmor frequency, and is proportional to the strength of the magnetic field. The
constant of proportionality is unique for each type of nucleus. The small net magnetic
moment due to the overweight of nuclei with the parallel orientation is static and
indistinguishable from the external magnetic field.
By transmitting electromagnetic pulses that oscillates at the Larmor frequency
(which lies within the radio frequency range) perpendicular to the main field, energy
is transferred to the spinning nuclei and the net angle of precession is changed and
the precession is forced to be in phase. This net change in the magnetic moment
results in an oscillating signal that could be picked up by a receiver coil. When the
electromagnetic field is switched off, the magnetic momentum would return to its
former state by a gradual change in the precession angle and a gradual de-phasing.
The rate of these (nearly) independent effects could be measured as the T1 and the T2
relaxation times and would be different for different tissues. The values of T1 and T2
constitute the contrast information in the image.
In order to create an image, spatial resolution is needed. If the strength of the
main field is modified by applying an additional magnetic gradient field, the Larmor
frequency would become unique for each plane perpendicular to the field direction. In
this way, it becomes possible to trigger nuclei close to a specified imaging plane by
transmitting electromagnetic pulses with the Larmor frequency that corresponds to
the field strength for the plane. A similar approach could be used in the two other
directions to achieve spatial resolution within the imaging plane. However, in order
to limit acquisition time, a static gradient field is only used in two directions, while
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Figure 2.18: MRI tagging of a human heart (Intera 3T, Philips Medical System, Best,
Netherlands). The two leftmost panels show MRI recordings with vertical and horizontal tag lines,
respectively. The rightmost panel shows the tracking grid obtained by combining the vertical and
horizontal tag lines.
the third field is switched on for a brief period of time inducing a phase gradient
of the nuclei in this direction. Each point in the object could thereby be identified
by its unique frequency/phase-combination. To generate a typical image of 256× 256
pixels, 256 signals must be obtained using different phase-encoding pulses. Each phase-
encoding pulse corresponds to a row in the k-space presentation of the image, analogous
to the spatial frequency description of the ultrasound image in Fig. 2.7(b). The MRI
k -space would have data in all regions of k -space, in contrast to the characteristic low-
pass and band-pass filtering in ultrasound imaging. The spatial image is obtained by
inverse Fourier transform. Figure 2.17 shows a magnetic resonance image of a porcine
heart.
The in-plane resolution in MRI is dependent of the field of view (FOV) and the
k-space matrix size (i.e. the number of phase encoding steps). Increasing the number
of phase encoding steps would improve spatial resolution, but would result in increased
acquisition time and poorer signal-to-noise ratio (SNR). Analogously, a reduction in
slice thickness would also lead to poorer SNR, due to the reduction in the number of
nuclei contributing to the signal. In order to achieve a sufficient temporal resolution
for cardiac imaging, the magnetic resonance imaging usually is performed using gated
acquisition over several heart beats during breath holds.
MRI tagging
MRI tagging is a method for manipulating the magnetization of the nuclei to obtain
markers in the image that makes it possible to track the deformation of the cardiac wall.
The methodology was first introduced by Zerhouni et al. (1988). A refined tagging
methodology — spatial modulation of magnetization (SPAMM)— was suggested by
Axel and Dougherty (1989). In SPAMM, a special pulse sequence is set up before
the conventional imaging sequence. The pulse sequence is usually performed in the
first milliseconds after end-diastole and consists of two electromagnetic pulses and
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Figure 2.19: Cardiac fiber-tracking by Diffusion Tensor MRI. MRI data from an excised porcine
left ventricle embedded in poly vinyl alcohol cryogel (PVA-C) were obtained using an Achieva
3T scanner (Philips Medical System, Best,Netherlands). Fiber pathways were estimated using
DTI Studio (Jiang et al., 2006) and visualized in Matlab (The MathWorks, Inc. Natick, MA).
a gradient field: The first pulse produces a net magnetic moment perpendicular to
the field. The gradient field is switched on to create a spatial phase gradient before
the second pulse flips some of the magnetic moment back in the direction of the
beam. This leads to a sinusoidal line pattern in the direction of the phase gradient in
the magnetic resonance images — shown to the left in Fig. 2.18 — that follows the
material motion of the myocardium. By combining this line pattern with a second
acquisition where the gradient is set perpendicular to the first, a grid pattern that
accommodates two-dimensional tracking is obtained (Fig. 2.18). The original method
suffered from fading of the tags during the cardiac cycle. The fading is reduced by using
complementary SPAMM (CSPAMM) technique (Fischer et al., 1993) and high field
strength (e.g. 3 Tesla), which make it possible to create tagging patterns that persist
the entire cardiac cycle. The CSPAMM methodology has recently been extended to
three dimensions, imposing a 3D-tagging grid (Ryf et al., 2002; Rutz et al., 2008).
Many variants of MRI tagging have been suggested. A survey of advantages and
disadvantages of the most common techniques is given in Axel et al. (2005).
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Figure 2.20: Helix angles in a short axis image based on DT-MRI. The plot of helix angles in
the right panel is based on the septal transmural segment indicated by a thick black line in the
short-axis view. (The helix angles were calculated as the angle between the first eigenvector from
DT-MRI and the circumferential direction.)
Diffusion tensor MRI
Diffusion Tensor MRI (DT-MRI) is a method for measuring the directivity of water
diffusion in anisotropic tissues. The local water diffusion might be more restricted in
some directions than others due to the structural anisotropy in some tissues. Diffusion
imaging measures the net temporal dephasing of the nuclear spins due to the diffusion
of water molecules between voxels with different precession frequency encoding. In
order to obtain the directional dependence of diffusion, the diffusion scan is repeated
using frequency gradients in three or more different directions.
The foundations of DT-MRI were laid in the mid-eighties (Taylor and Bushell,
1985). The methodology has been an important tool in studies of anisotropic tissues,
and have been extensively used in studies of white-matter connectivity of the brain.
The three-dimensional structure of the neural tracts can be reconstructed based on
the diffusion tensors obtained from DT-MRI; a procedure known as tractography.
The methodology can also be used to estimate the myocardial fiber organization
(Tseng et al., 2003). Generally, a long acquisition time is necessary to obtain
diffusion tensor images of high quality, and the methodology is therefore best suited
for stationary tissues. Nevertheless, DT-MRI has also been used in in vivo hearts
(Edelman et al., 1994).
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(a) Ex vivo slice of canine left ventricle showing
the placement of the sonomicrometric crystals.
(b) Reconstructed crystal positions and fitted
ellipsoidal surface.
Figure 2.21: Sonomicrometry.
Figure 2.19 shows myocardial fiber pathways and Fig. 2.20 shows estimated helix
angles based on DT-MRI of an ex vivo porcine heart. (These figures are based on the
same DT-MRI data that was used in Paper D).
2.5.2 Sonomicrometry
Sonomicrometry is a distance-measurement technology based on the transmit time of
sound between a set of small piezo-electric transducers, often referred to as crystals.
Assuming that the sound velocity in the intervening medium is known, any inter-
crystal distance can be calculated from the time interval from a sound pulse is emitted
by one of the crystals till it is detected by another. The spatial resolution of the
displacement estimate is governed by the time resolution of the propagation time
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counter and the speed of sound in the propagation medium. A standard setup
(Sonometrics Corporation, London, Canada) with a 64 MHz crystal oscillator thus
gives a resolution of 24 µm in soft tissue. In addition, there is an offset error in
the measurement of the absolute distance between two crystals due to system delays
and crystal geometries. This error is estimated by the manufacturer to be less than
1.5 mm (Sonometrics, 2008). In the system documentation, the manufacturer also
mentions variations of the speed of sound and the detection of the signal at the
receiver. The failure to trigger at the same peak within each emitted ultrasound pulse,
can be detected as an instantaneous level-shift in the observed distance measure. The
temporal resolution of the distance measures depends on the number of crystals and
the maximal distance between the crystals. In addition the data acquisition hardware
and software sets an upper limitation of the sampling rate. With a setup with 11
crystals (as in Paper A included in this thesis) sampling rates of 200 Hz is achievable.
Cardiac sonomicrometry is usually limited to open-chest animal models where the
crystals are implanted into or attached to the myocardium, which might affect the
physiology of the heart. In order to derive measures that depends on geometry — as
e.g. volumes or rotation — the positions of the crystals must be reconstructed from
the distance measurements. The relative positions of the crystals may be found using
a triangulation scheme leading to an over-determined system, as implemented in the
SonoXYZ software (Sonometrics Corp.) Fig. 2.21(a) shows sonomicrometric crystals
implanted in the left ventricle, and Fig. 2.21(b) shows the reconstructed positions of
crystals placed inside the myocardium.
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Contributions
This chapter gives a brief summary of the contributions related to my PhD project.
The four main papers are included in whole in the second part of this thesis. A
complete list of co-authored publications is given on page 57.
3.1 Methods for ultrasound-based quantification of
rotation and twist
Although studies by MRI tagging had demonstrated the importance of left ventricular
rotation and twist to cardiac function, there was no clinically established method
to obtain these parameters by echocardiography. However, speckle tracking methods
capable of tracking myocardial motion in ultrasound images had been developed, which
potentially could be used to assess rotation. Paper A: New Noninvasive Method for
Assessment of Left Ventricular Rotation: Speckle Tracking Echocardiography presents
and validates an ultrasound method to obtain LV rotation and twist based on speckle
tracking in short-axis views of the ventricle. Speckle tracking of a set of myocardial
regions of interest (ROIs) was performed on basal, equatorial and apical short axis
B-mode images of the left ventricle using custom-made post-processing software. The
in-plane rotations was calculated as the angular displacement of each ROI relative to
the center of a best-fit circle through all ROIs. The twist angle (in the paper referred
to as torsion) was calculated as the difference in rotation between the apical and basal
slices.
The STE method was evaluated through an experimental open-chest study on
13 dogs where the hearts were exposed to a range of experimental settings known to
alter LV rotation, and a clinical study on 29 healthy volunteers. In the experimental
study, sonomicrometry was selected as a reference method due to its high accuracy
and temporal resolution, and due to the possibility to record data close in time with
the ultrasound acquisitions. In the clinical study, MRI tagging was used as a reference
method as being the only available clinical method for assessment of LV rotation.
Rotation and twist by STE showed good correlation and agreement when compared
with sonomicrometry, with absolute bias and standard deviation less than 0.3◦ and
1.3◦, respectively. When compared with MRI, absolute bias and standard deviation
for peak rotation were less than 0.6◦ and 1.6◦, respectively. Intraobserver agreement
was 0.4± 1.6◦ for peak rotation.
Dr. Thomas Helle-Valle was the main author of this paper. My task in this project
was to accommodate the speckle tracking algorithm to be able to measure rotation,
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as well as develop an algorithm that was able to estimate left ventricular rotation and
twist from a sparse set of sonometric crystals.
The growing interest in the importance of the rapid untwisting rate associated with
isovolumic relaxation made it desirable to acquire rotation velocity traces at high
temporal resolution. The temporal resolution of the velocity estimates by Tissue
Doppler Imaging (TDI) is usually much higher than what is achievable by tracking in
conventional B-mode images. Additionally, the Doppler approach provides the velocity
field in each frame. Angular velocities could therefore be calculated directly, without
performing noise amplifying derivation. However, in contrast to speckle tracking, TDI
only provides velocity components in the direction of the beams. Determination of
rotational myocardial motion is therefore in general impossible. However, the degrees
of freedom of the cardiac motion could be reduced by assuming that the left ventricular
wall remains approximately circular in the short axis view. This assumption implies
that the radial contraction velocity of the left ventricle, relative to a common center
point, would be the same around the whole myocardial circumference. Furthermore,
the tangential velocities contributing to LV rotation would be perpendicular to these
contraction velocity vectors. The local tangential velocities could thereby be estimated
based on an initial circular geometry and the TDI velocity field — at least for the case
where there is no lateral motion of the center point. The method is presented Paper B:
A new Tissue Doppler Method for Examination of Left Ventricular Rotation. Parallel
to the work with the TDI rotation method, another TDI-based method for LV rotation
was suggested independently by Notomi et al. (2005). The method in our paper can
be regarded as a generalization or extension of the study by Notomi et al. that utilizes
more of the velocity information from TDI, and makes it theoretically possible to
acquire regional differences in rotation.
In Paper B, LV twist and twist velocity (twisting rate) from the new TDI method
was compared with results from MRI tagging, a commercial STE method, and our
own implementation of the TDI method proposed by Notomi et al. on 21 healthy
subjects. Although the general shape of the twist and twist velocities traces from
the different methods were comparable — and consistent with previous studies —
the results showed an systematic underestimation of absolute rotation by the TDI
methods when compared with MRI and STE. Additionally, the inter- and intra-
observer variability in all methods were surprisingly high in all methods considering
the high level of automatization. This might indicate that the results are sensitive
to small deviations in the user initialization. No consistent regional circumferential
differences were found, which was explained by the high dependence on the estimated
center of rotation: Small deviations in the center estimate could induce significant
regional variation in the circumferential rotation values.
The TDI method presented in Paper B relies on user input to account for the
lateral motion of the ventricular center point. As the beams in a sector image
intersect the myocardium at different insonification angles, we hypothesized that
global LV displacement and rotation could be formulated as a minimization problem.
A search algorithm was applied to find the change in global geometric parameters
that minimized the deviations between the observed TDI velocities and the velocities
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Figure 3.1: 3D imaging versus 2D imaging.
predicted by the circular model. This methodology was presented in a proceedings
paper (Crosby et al., 2005) but the preliminary results indicated that some of the
angular rotation was misinterpreted as lateral displacement of the center point, which
resulted in an underestimation of the true global rotation.
3.2 Quantification of deformation and rotation in
3D ultrasound data
In recent years, several of the main manufacturers of cardiac ultrasound systems
have been developing cardiac matrix array probes that can provide real-time volume
ultrasound data. Our department has been working with speckle tracking in
conventional 2D B-mode images in order to estimate in-plane strain and strain rate
(Ingul et al., 2005; Amundsen et al., 2006), and the framework could potentially
be extended to track tissue deformation in full-volume ultrasound data. The main
motivation for tracking in volume data is the possibility to reveal the spatial motion
of actual material points inside the myocardium during the cardiac cycle. In 2D
views, it is only possible to track the apparent in-plane displacements, where the
corresponding myocardial points can change from frame to frame due to out-of-plane
displacements as in Fig. 3.1. However, as mentioned in the previous chapter, the
number of beams needed to acquire a full volume image of the LV limits the achievable
spatial and temporal resolution. This increases the chance of erroneous tracking, which
necessitates regularization of the tracking estimates.
in Paper C: 3D Speckle Tracking for Assessment of Regional Left Ventricular
Function, we present a method for tracking a mesh of material myocardial points
in full-volume acquisitions of the LV, and we utilize the tracked mesh to calculate
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LV rotation and strains. The paper also outlines the main challenges in assessment
of regional function based on full-volume ultrasound data. In Paper C, the tracking
method was applied on simulated ultrasound data from a finite element model of the
LV with an infarcted region. The results from the tracking showed good agreement
with the ground truth values from the underlying model, but failed to capture the very
rapid longitudinal elongation in one of the infarcted segments. The feasibility of the
method was also demonstrated on real ultrasound data in three subjects: One young
healthy volunteer, and two patients with respectively anterior and inferior myocardial
infarction. For the patients, the results from the 3D speckle tracking were compared
with Bulls-eye plots with wall motion scoring based on standard 2D B-mode images.
Although both methods showed reduced contraction in the infarcted areas, there were
some discrepancies in the individual segments.
3.3 Improving simulated ultrasound images
In the process of developing tracking motion in 3D data sets, it became clear
that simulated ultrasound data would be highly desirable in the development of
methods operating on volume data. In conventional 2D echocardiography, the
automatized displacement estimates can be readily evaluated by eye-balling or manual
measurements by an experienced user. In 3D tracking, the motion is no longer
restricted to a plane, and combined with the vast amount of data it becomes difficult
to visually evaluate the estimated displacements. Likewise, direct comparison with
alternative methods is often — as seen in the three other papers — problematic.
Propelled by advances in computer hardware, the use of computer simulated
ultrasound data has become a standard tool in ultrasound research. The Field II
Simulation Program (Jensen, 2004) — developed and maintained by Prof. Jørgen
Arendt Jensen at the Technical University of Denmark — has provided researchers
and developers in the field of ultrasonics with a flexible tool for simulating ultrasound
transducer fields and images based on linear acoustics. Such simulations have been
extensively used in the study of probe design and beam forming. In order to make it
possible to create dynamic full volume simulated ultrasound images within reasonable
time limits, our department has developed a fast simulation method. However, as
most ultrasound simulations of the left ventricle, the left ventricle was modeled as a
set of uncorrelated scatterers that do not reflect the anisotropic properties of the LV
myocardium.
Although several publications have described the considerable effects that cardiac
anisotropy have on the backscatter signal — especially within the field of tissue
characterization — these effects have so far been neglected in ultrasound simulations
used for validation of methods for tracking of cardiac structures.
We therefore wanted a simple way to include the effect of tissue anisotropy that
could be incorporated in the existing simulation framework. The anisotropic model
should be coupled with dynamical 3D models of the LV — like the finite element model
in Paper C — in order to achieve realistic dynamic simulated ultrasound data of the
whole cardiac sample. The simulated results could then be used to validate tracking
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methods, as was done in the 3D speckle tracking study.
As we expected the acoustic properties of the anisotropic myocardial tissue to be
more correlated in the fiber direction than in the other directions, this led us to apply
an ellipsoidal smoothing filter on the initially uncorrelated backscatter coefficients of
the scatterer points, with the primary axis along the expected local fiber direction.
This approach alters the frequency representation of the myocardial model locally, so
that the resulting simulated ultrasound image would be dependent on the insonification
angle.
In Paper D: The Effect of Including Myocardial Anisotropy in Simulated Ultrasound
Images of the Heart, the new anisotropic simulation approach is presented and
compared with the apparent anisotropy in real ultrasound images of a sample of the
interventricular septum from a swine heart. The paper clearly demonstrates that
the method is able to reproduce some of the considerable effect of anisotropy seen in
real ultrasound images of the myocardium. The paper also introduces a new simple
ultrasonic method to estimate the main fiber directions within an ex-vivo transmural
sample of the myocardium that was used to define the filtering directions in the
scatterer model. The fiber directions found by this model was consistent with reported
results in previous studies and showed good agreement with fiber angles determined
by DT-MRI in another swine heart of comparable size.
Although only 2D images is simulated in Paper D, the same approach can be
used to include anisotropy in 3D ultrasound images, as demonstrated in the preceding
proceedings paper by Hergum et al. (2006).
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General discussion and future directions
This chapter gives a general discussion of the methodology and results in the included
papers and their implications for ultrasound-based quantification of myocardial
deformation and rotation.
General considerations
Exact measurements of deformation and rotation in a beating heart is a difficult task,
regardless of imaging modality. As seen in Section 2.1, the myocardium constitutes a
complex structure of myocytes, blood vessels, and connective tissue. The non-uniform
contraction/relaxation and accompanying thickening/thinning of myocytes within this
structure, and its interaction with the blood pool and neighboring tissues, results
in a highly non-uniform myocardial velocity field with large local variations in both
amplitude and direction. Any LV displacement estimate might therefore be heavily
dependent on the exact placement and extent of the ROI, as illustrated in Fig 4.1. It
would also depend on the third dimension of the ROI, which in 2D imaging modalities
is implicitly determined by the slice thickness.
Two-dimensional imaging techniques would at best capture the in-plane compo-
nents of the velocity field. However, most tracking techniques cannot measure velocity
directly, and the in-plane velocities is derived from the changes in position of specific
image characteristics. This means that the imaging system must have a certain
out-of-plane sensitivity (i.e. slice thickness, in ultrasound given by the elevational
beam profile), large enough to ensure an overlap of the image content after tissue
displacement, or that the imaged properties of the material must be correlated out-of
plane. In addition, in order to avoid bias in the displacement estimates, the PSF
of the imaging system has to be reflection symmetric about the imaging plane. In
ultrasound, asymmetry in the PSF could be caused by for example insufficient probe
access. Analogously, material properties that is correlated obliquely out-of-plane —
for example a blood vessel intersecting the imaging plane — can cause errors in the
estimated in-plane velocity components. The effect is illustrated in Fig. 4.2 where the
apparent rotation is a result of translation of obliquely correlated structures. For MR
tagging, the analog would be that the tag-planes (observed as tag-lines in the image
plane) are oriented non-perpendicularly to the imaging plane, so that a through plane
translation of the LV would result in apparent in-plane displacements of the tag lines.
Although these difficulties might limit the precision of noninvasive measurements
of LV deformation and rotation, and might make absolute agreement between different
measurements infeasible, the estimates could still be good enough to provide valuable
45
Chapter 4. General discussion and future directions
ROI 1
ROI 2
ROI 3
Figure 4.1: Displacement estimates (thick arrows) based on three overlapping regions of interest
(ROIs) in a hypothetical myocardial velocity field (thin black arrows).
Figure 4.2: False rotation due to through-plane motion of oblique structures.
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information about the cardiac function, as indicated by the results in this thesis.
4.1 Methods for ultrasound-based quantification of
rotation and twist
The first of the three aims of this PhD project was to establish ultrasound-based
alternatives to MRI tagging for examination of rotational motion in the left ventricle,
as stated on page 3:
Aim 1: To develop and investigate methods for quantification of rotation and twist
based on short-axis ultrasound images of the left ventricle.
Two different approaches for estimation of rotation and twist based on short axis
echocardiograms have been presented, both with the capability to quantify regional
rotation: One, which is based on speckle tracking in B-mode images, and the
other based on tissue Doppler. This section reviews some of the difficulties related
to measurements of LV rotational motion, and then discuss the advantages and
limitations of the two approaches.
Measuring myocardial rotation, twist and torsion
The twisting motion is a characteristic property of the beating heart that is clearly
seen in open-chest surgery. The observed rotational pattern is an accumulation of
shear strains in the myocardium, caused by the sequential activation of the helically
organized cardiac muscle cells (described in Section 2.1). Presence of ischemic
myocardium is expected to change shear strain locally by affecting the contraction
and the elastic stiffness, and could thereby potentially alter the overall accumulated
rotational motion. Despite its complexity, the pattern of rotational motion of a heart
seems to be quite similar between healthy subjects, as seen in e.g. Fig. B.5. The
additional observation that much of the rapid untwisting appears within the isovolumic
relaxation phase has given rise to expectations of a preload independent index of
LV relaxation (Burns et al., 2008). The clinical use of rotation and rotation-derived
measures rest on that it exists systematical differences in the rotational motion between
pathological and healthy hearts, and that it exists reliable methods for measuring these
differences with sufficient precision.
However, in order to quantify rotation, an axis or point of rotation is needed.
Unlike a spinning wheel or an orbiting planet, the left ventricle has no unambiguous
axis of rotation. The problem with the axis definition becomes especially apparent in
the case of sonomicrometry in Paper A, where very limited anatomical information
was available. In this paper a center point was defined by fitting a circle to the three
or four crystals that constituted each level. A more general approach where the center
axis was defined as the axis of symmetry of a best-fit ellipsoid (Fig. 2.21(b)) was also
tested but was not utilized in the study. To my knowledge, there are no authoritative
recommendations for the definition of the LV rotational axis. Most methods based
on short-axis views seem to be using a dynamic center point that is positioned in
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mid-lumen at the geometrical center of the myocardial wall or in the center-of-mass
of a set of ROIs within the wall. The position of the center point could therefore
vary dependent on whether endo- or epicardium is used to define the LV wall (or,
analogously for the center of mass, on the transmural position of the ROIs involved).
In three-dimensional data sets it is most convenient to use a straight axis of rotation,
although rotation might also be quantified with respect to a curved center line in order
to compensate for differing LV geometries. The center axis can be estimated from the
LV walls, analogous to the 2D case, or could be defined by anatomical landmarks as
e.g. the apex or the mitral apparatus. As shown in Paper B, local circumferential
differences in rotation are very dependent on this estimated rotational center point
or axis. A slight translation of the center axis relative to the myocardium, or vice
versa, might induce a significant variation in the local rotation estimates. The average
rotation for a given short-axis intersection, on the other hand, is less sensitive to the
exact position of the center axis. These observation limit the value of local rotation
as a clinical parameter and they also indicate that the rotation estimates should be
based on several ROIs.
The transmural gradient in rotation from endo- to epicardium might be an
important source of the variation seen in the rotation, as the estimates become
very dependent on both the transmural position and the size of the ROIs. The
dependence on ROI position is likely to contribute to the high inter- and intra-observer
variability associated with all methods in Paper B. The differences in position and size
between the ROIs in the different methods could also have affected the agreement.
Consequently, improved agreement might be expected if the ROIs in the different
methods were identical, but in practice this would be difficult due to the different
image modalities involved, and as some of the methods are commercial packages with
limited control over the ROIs. Neither would the results from such an approach reflect
the agreement achievable in a clinical setting. Additionally, the magnitude of rotation
and twist angle would be dependent on the longitudinal placement of the short-axis
levels. As the longitudinal gradient of rotation has been observed to be fairly linear
in most of the LV, torsion is expected to be less dependent on the placement of the
short-axis levels. Unfortunately, the exact distance between the short-axis levels is
seldom known in 2D echocardiography..
Rotation and twist by 2D speckle tracking
Two different methods for 2D speckle tracking have been used in the thesis work:
The study in Paper A is based on a modified 2D speckle tracking method developed
by the Department of Circulation and Medical Imaging (Bjo¨rk-Ingul and Aase, 2007)
while the method used in Paper B was part of the commercial EchoPAC analysis
software developed by GE Vingmed. The 2D block matching in these methods gives
the displacement in each frame, and the angular displacement relative to an estimated
center point is therefore easy to calculate. Rotation rates may be calculated by
numerical differentiation of the rotation traces but as differentiation is noise amplifying
by nature, the rotation traces usually have to be smoothed prior to differentiation.
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Block matching in ultrasound images. The block-matching approach relies on
the assumption that the apparent motion in the ultrasound image reflects the true
motion of the object. However, the exactness of local quantitative estimates of
displacements may be limited by properties of the ultrasound imaging process and
of the estimation methodology. In the discussion above it has already been mentioned
that oblique structures may cause artificial motion in the image, which consequently
might give false minima in the agreement function of the block matching. Decorrelation
of the ultrasound image between frames prevents exact agreement between the source
kernel and the target kernel. Sources of image decorrelation include:
 Out-of-plane motion. In 2D acquisitions, the motion of scatters out of the
image plane causes decorrelation. (In fact, the amount of decorrelation has
been utilized in sensorless freehand 3D ultrasound to estimate the elevational
displacement from 2D images (Gee et al., 2006).)
 Deformation and rotation. Due to the interference of the ultrasonic scatter-
ers, the speckle pattern changes dramatically with large tissue deformation or
rotation (see Fig. 2.10 in Section 2.3). Analogously, translational motion parallel
to the aperture of the probe in a sector scan results in a change in insonification
angle that would cause decorrelation.
 Electronic/Thermal noise. Non-stationary random noise decreases the
correlation between frames but do not induce any systematic bias in the block
matching.
 Acoustic noise. Reverberation (multiples reflections) and side lobes causes a
position ambiguity so that signal contributions from elsewhere in the object are
mixed into the sample volumes.
 Inter-frame changes in wave propagation. Changes in geometry might
affect the beam forming, e.g cause changes in attenuation level, abberation, or
geometric bending. This would change the backscattering signal from deeper
structures.
The block-matching approach used in Papers A, B and C neglects any local
deformation or rotation of the tissue within the ROIs. These methods would therefore
observe a decorrelation when the kernel is rotated or deformed even if there is no
speckle decorrelation in the image, due to the misalignment of the source kernel and
target kernel. Some block-matching methods applied on optical images have allowed
deformable and rotatable kernels in order to improve matching results. In ultrasound
data, the inherent speckle decorrelation associated with rotation and deformation
would limit the gain of such an approach.
The tracking errors due to out-of-plane motion, rotation, and deformation could
be reduced by increasing frame rate so that the inter-frame changes becomes small.
The amount of speckle decorrelation in the RF-data due to deformation has also been
shown — in simulations — to be less for small point spread functions (PSF) (i.e. for
low beam widths and short pulse lengths) and low receive frequencies (Meunier, 1998).
Lower frequency leads to less phase shift when the distances between scatterer points
change, and thereby less degradation of the interference pattern. Acoustic noise and
inter-frame changes in wave propagation would cause errors regardless of frame rate,
but might be improved by changing acquisition parameters as for example transmit
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frequency.
The search area size and the kernel/ROI size are also important for the
displacement estimates and are discussed in Paper C. Furthermore, the efficiency of
the block-matching could be improved by restricting the search regions to a smaller
region around a predicted starting search point. This starting point might be based
on e.g. the displacements of the ROIs in the preceding frames, or on the motion of
other ROIs in the current frame. The latter approach was used in the 3D speckle
tracking method, where the search regions were displaced according to the motion of
the atrioventricular plane. Nevertheless, such methods must be used with caution to
avoid constraints on the motion that could lead to insufficient tracking in anomalous
hearts.
Tracking quality and regularization. Due to the possibility of erroneous block-
matching displacements, the tracking algorithms should include some way of handling
such errors. In Paper A, the tracking quality was evaluated visually and ROIs with
insufficient tracking were excluded from analysis. The proprietary STE method used
in Paper B automatically suggested exclusion of segments based on an internal quality
measure. However, exclusion of segments based on these suggestions did not improve
agreement for rotation and twist angle and the automatic exclusion was therefore
overruled in the study. Automatic assessment of the reliability of the displacement
estimates is difficult due to the many different sources of error. A measure of the
inter-frame decorrelation of the ROI, as for example the normalized cross correlation
coefficient, is a natural choice of quality measure but unfortunately it has some
inconvenient limitations: Random matches in dropout or saturated regions might
be rated as reliable displacement estimates, while unambiguous displacements with
a single clear correlation peak at the estimated displacement could be regarded as
unreliable due to generally high decorrelation due to for example deformation. A
future improvement could therefore be to find a measure of tracking quality that takes
the local shape of the matching function into consideration, and not only the peak
value. Insufficient tracking quality could also be detected by physical considerations,
as for example by disallowing crossing of ROIs or unphysiological strains or strain
rates. Analogous to constraining search regions, rejection based on such constraints
should be applied carefully to account for anomalous hearts. As alternative to rejecting
displacement estimates after block matching, the ROIs could initially be placed in
regions with good premises for good matching based on ROIs statistics, for example
ROI intensity and variance.
In all tracking methods in this thesis, some sort of spatial smoothing was performed.
As the structural forces in the wall imply tight spatial coupling of tissue displacements,
spatial smoothing is expected to reduce the noise in the displacement estimates. In
the case of global rotation, the averaging over several ROIs reduces the impact of a
few erroneous ROIs.
In subjects with steady sinus rhythm, the total drift during the cardiac cycle could
be used as an indicator for over-all tracking quality. The drift in each frame could
then be compensated for by weighted subtraction of the total drift. A more advanced
approach is to remove drift by combining the results of forward and backward tracking,
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as in the method in Paper A.
Papers A and B show that rotation and twist by STE are very comparable with
results from MRI tagging in respect to magnitude, shape of rotation traces, and
interobserver and intraobserver variabilities. In addition, the B-mode images has
better temporal resolution than MRI tagging, and can provide rotations traces for
entire cardiac cycles without gated capture over several heartbeats. On the other
hand, the block-matching approach makes STE quite dependent on the image quality
of the B-mode image.
Rotation and twist by tissue Doppler
The tissue Doppler method presented in Paper B represents a different approach
for estimation of LV rotation in echocardiography. Tissue Doppler imaging (TDI)
calculates axial velocities based on packets of repetitive beams within a few
milliseconds, and the decorrelation due to out-of-plane motion, deformation, and
rotation is therefore minimal. Furthermore, the tissue Doppler images generally
contains fewer beams than B-mode images, resulting in higher temporal resolution.
This could potentially allow examination of rapid changes in twist, for example the
rapid untwisting in the isovolumic relaxation phase.
Despite the systematical underestimation of absolute end-systolic twist by the TDI
methods when compared with STE and MRI tagging, the general shape of the traces of
twist and rotation were quite similar in all methods in Paper B. The underestimation
could mainly be attributed to the low absolute apical rotations in systole, and a less
distal placement of the apical short-axis level might therefore improve the agreement
with STE and MRI. The reproducibility of the TDI methods were comparable with
STE and MRI tagging. The TDI methods are vulnerable to spatial ambiguities due to
reverberations or side lobes in the Doppler beamforming, and assessment of tracking
quality is in general quite difficult. However, if a sample volume — due to spatial
ambiguity — contains signal contributions from a different region with a different tissue
velocity, this could in theory be detected as an increase in the bandwidth estimate.
In any case, the visualization of the motion of the myocardial points allows for visual
assessment of the tracking equivalent to the STE methods.
As a consequence of the geometric assumptions needed to calculate rotation from
the observed velocity components, the TDI methods have less flexibility than STE
methods. A hybrid solution that uses both speckle tracking and Doppler rotation
could therefore be potentially beneficial, analogous to the combined TDI and STE
method used for longitudinal strain and strain rate in Ingul et al. (2005). Such a
solution would eliminate the need for the user to indicate the lateral displacement of
the LV center, and might increase the robustness of the method.
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4.2 Quantification of deformation and rotation in
3D ultrasound data
The second aim of this thesis was to develop a method for myocardial tracking in 3D
ultrasound data:
Aim 2: To extend the speckle tracking method to be able to measure deformation and
rotation in full-volume ultrasound data of the left ventricle.
The 3D speckle algorithm was presented and demonstrated in Paper C. The main gain
is the possibility to track material points, and the related elimination of decorrelation
due to out-of-plane motion. Another important benefit, is the amount of image data
available without the need of changing the position of the probe. In conventional
2D imaging, geometrical assumptions of the relative position and orientation of the
different views have to be made, but in the full volume data the information is gathered
in a single coordinate system.
The added value of using full-volume data in the assessment of global and regional
cardiac function have been questioned by cardiologists. The 3D acquisitions have
generally poorer image quality than 2D images from the same patient, and the
achievable frame rates are much lower. Most of the diagnostic parameters can readily
be obtained from 2D views, based on acquisitions with higher quality in terms of
spatial and temporal data resolution. Several studies have nevertheless reported better
accuracy and reproducibility for LV volume based on 3D echocardiography than based
on 2D views (Pouleur et al., 2008; Lang et al., 2006). The development of new tools
for regional analysis of volume data, for example 3D speckle tracking, will make it
possible to examine the potential diagnostic value of 3D ultrasound in the assessment
of regional function.
Parallel to this PhD work, Toshiba has developed their own software for speckle
tracking in 3D data sets that was included in their new AplioArtidaultrasound
system introduced spring 2008, and it can also be anticipated that other of the larger
ultrasound companies are developing software for 3D tracking. The details of the
companies’ algorithms are unfortunately seldom available for the public, which makes
objective evaluation of the chosen methodology difficult. On the other hand, many of
the trade-offs and challenges exemplified by the proposed method in Paper C can be
expected to be common to all tracking methods applied on LV full-volume ultrasound
data.
Paper C showed promising results of the possibility to measure regional deformation
and rotation in full volume data. The simulation results showed, however, an
underestimation of absolute strain values that needs to be examined further.
The 3D speckle tracking method makes it possible to derive a wide range of
parameters including for example directional strain, strain rate, rotation, rotation
rate, twist, torsion, shear, and area strain. The selection and presentation of clinical
parameters can therefore become a challenge in itself. The regional parameters might
for example be shown as a set of traces (Figs. C.10 and C.11), as bulls eye plots
(Fig. C.12), or as color mappings onto the dynamic LV surface obtained by the
tracking (Støylen et al., 2003). The traces provides much quantitative information,
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(a) End-diastole (b) End-systole
Figure 4.3: Left ventricular thickening estimated by conservation of volumes.
while the two others might provide easier assessment of regional differences. The latter
presentation also include information on the LV geometry. Another practical problem
is that the 3D measurements (e.g. longitudinal strain) might differ quantitatively from
their 2D counterparts due to out-of-plane motion. This could cause confusion in the
clinical interpretations of the measurements.
The presented method tracks only one single transmural layer. In order to measure
transmural strain or wall thickening, tracking in several transmural layers could be
performed. Unfortunately, the relatively thin wall compared to the size of the ROIs
makes robust transmural tracking difficult. However, if the myocardium is assumed
to the be incompressible, the thickening can be approximated from the longitudinal
and circumferential strain together with geometrical considerations to account for the
curvature of the mesh as in Fig. 4.3.
To sum up, the preliminary results of 3D speckle tracking is promising but larger
clinical studies have to be performed in order to investigate the diagnostic value of 3D
strain and rotation compared to conventional 2D imaging. Furthermore, optimization
of the parameters within the algorithm as for example ROI sizes, threshold values for
rejection of displacement estimates, and amount of regularization, might improve the
overall tracking results. Moreover, for unselected patient data, a good tracking quality
index would be crucial in order to detect and reject unreliable displacements estimates.
Finally, it should also be noted that real-time 3D ultrasound imaging itself still is in its
early stages of development, and improvements in the scanner technology that could
lead to better image quality or higher temporal resolution might be expected in the
coming years.
4.3 Improving simulated ultrasound images
The final aim has implicitly been discussed already in the papers and in the above
sections:
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Aim 3: To investigate and discuss fundamental limitations associated with ultrasound-
based assessment of left ventricular deformation and rotation.
However, in relation to Papers C and D, it might be appropriate to comment on the
use of computer simulated ultrasound data in the context of this aim.
The role of simulated ultrasound data in validation of tracking methods.
As computer simulations are not able to incorporate all properties of real-life
ultrasound acquisitions, testing of tracking methods on synthetic data must be
regarded as a supplement, not as an alternative to experimental and clinical validation.
Nevertheless, computer simulations provide information that is difficult or impossible
to obtain by other means. As already mentioned, it is especially difficult to obtain
a ground-truth reference method that can be used to assess the performance of new
tracking methods in in vivo hearts. Furthermore, proprietary beamforming and data
processing algorithm in ultrasound scanners might make the tracking results very
dependent of distinctive features of the scanner. In computer simulations, the reference
motion of each individual scatterer is known, which makes it possible to reveal inherent
limitations of the tracking methods, as for example the systematical underestimation
of strain values in Paper C. In addition, all parameters – as e.g. aperture, pulse shape,
and apodization — are known and accessible so that individual parameters can be
altered in order to see how this affects the results. In the development of new tracking
methods, this knowledge may be used to tune the parameters in the tracking algorithm
itself or to identify the scanner configuration that gives the best results for a certain
tracking algorithm.
In order to become a powerful tool, the synthetic ultrasound data must be able
to reproduce the relevant characteristics of a real-life echocardiogram. Features as
ultrasonic speckle pattern and random acoustic noise are often included in simulation
studies. In Paper D we demonstrated that the myocardial anisotropy also has
a considerable effect on the appearance of the echocardiogram, and suggested an
approach to incorporate this effect in simulated ultrasound images. This anisotropy
might have a significant impact on LV tracking methods like speckle tracking: Changes
in the angles between local fiber directions and beam directions could cause transmural
shifts of brightness that do not reflect material motion. On the other hand, if the angles
do not change so much that they cause false motion, the bright regions would constitute
stable markers that could assist tracking. In either case, the anisotropy should be
considered in future simulation studies. Realistic LV geometry, the bright reflection
from pericardium, the valve dynamics, coronary vessels, reverberations, lung shadows,
and anisotropic attenuation are other echocardiographic features that might affect
tracking performance and should also be considered in future simulations. Realistic
motion and deformation of the cardiac structures could be obtained by finite element
simulations as in Paper C, or could be constructed based on measurements from e.g.
MR tagging or 3D ultrasound.
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Conclusions
Two ultrasound-based methods for non-invasive assessment of left ventricular rotation
and twist have been developed in this PhD project, as alternatives to MRI tagging.
The method based on 2D speckle tracking is a flexible tool for assessing rotational
motion and was shown to have good agreement with MRI tagging with comparable
reproducibility and better temporal resolution. The method based on tissue
Doppler velocities showed a systematic underestimation of rotation and twist but
had comparable reproducibility. The use of Doppler velocities gives a more direct
estimation of rotation rates and a higher temporal resolution, and might therefore be
useful in the study of e.g. the rapid left ventricular untwisting. There might also be a
potential benefit of combining these two methods, however, this was not investigated
in this thesis.
Furthermore, a method for tracking of left ventricular strain and rotation based on
3D speckle tracking in full volume data sets has also been developed as a part of the
thesis work. The testing on simulated ultrasound images and on in vivo patient data
have provided promising results for 3D-based analysis of regional cardiac function but
the method must be validated in a larger population before any conclusions on its
clinical value could be drawn.
In relation to the testing of the tracking methodology, a new approach for
incorporation of myocardial anisotropy has been developed and has been used to
simulate the angle-dependent backscattering seen in a small rotating sample of
the intraventricular septum. The new approach explains the regions of increased
backscatter intensities seen within the myocardium in ultrasound images of real hearts,
and makes it possible to obtain more realistic simulated data that could be utilized in
future testing of tracking methods.
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New Noninvasive Method for Assessment of Left
Ventricular Rotation: Speckle Tracking
Echocardiography.
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†) Department of Circulation and Medical Imaging, Norwegian University of Science and Technology, Trondheim, Norway
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Background: Left ventricular (LV) torsion is due to oppositely directed apical
and basal rotation and has been proposed as a sensitive marker of LV function.
In the present study, we introduce and validate speckle tracking echocardiography
(STE) as a method for assessment of LV rotation and torsion.
Methods: Apical and basal rotation by STE was measured from short-axis
images by automatic frame to frame tracking of gray-scale speckle patterns.
Rotation was calculated as the average angular displacement of 9 regions relative
to the center of a best fitted circle through the same regions. As reference methods
we used sonomicrometry in anesthetized dogs during baseline, dobutamine infusion,
and apical ischemia, and magnetic resonance imaging (MRI) tagging in healthy
humans.
Results: In dogs, peak apical rotation was −3.7±1.2◦ (±SD) and −4.1±1.2◦ and
basal rotation 1.9± 1.5◦ and 2.0± 1.2◦, by sonomicrometry and STE, respectively.
Rotations by both methods increased (P < 0.001) during dobutamine. Apical
rotation by both methods decreased during left anterior descending coronary artery
occlusion (P < 0.007), whereas basal rotation was unchanged. In healthy humans,
apical rotation was −11.6 ± 3.8◦ and −10.8 ± 3.3◦, and basal rotation 4.8 ± 1.7◦
and 4.6±1.3◦ by MRI tagging and STE, respectively. Torsion by STE showed good
correlation and agreement with sonomicrometry (r = 0.94, P < 0.001) and MRI
(r = 0.85, P < 0.001).
Conclusions: The present study demonstrates that regional LV rotation and
torsion can be measured accurately by STE, suggesting a new echocardiographic
approach for quantification of LV systolic function.
A.1 Introduction
Left ventricular (LV) torsion (or twist) plays an important role with respect to LV
ejection and filling (McDonald, 1970; Rademakers et al., 1992; Gibbons Kroeker et al.,
1993; Moon et al., 1994). During the cardiac cycle there is a systolic twist and
early diastolic untwist of the LV about its long axis, because of oppositely directed
apical and basal rotations. As viewed from the LV apex, systolic apical rotation is
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counterclockwise and basal rotation clockwise. The magnitude and characteristics of
this torsional deformation have been described in different clinical and experimental
studies, and it is well established that LV rotation is sensitive to changes in both
regional and global LV function (Hansen et al., 1991; Yun et al., 1991; Maier et al.,
1992; Buchalter et al., 1994; DeAnda et al., 1995; Gibbons Kroeker et al., 1995b,a;
Knudtson et al., 1997; Stuber et al., 1999; Nagel et al., 2000; Sandstede et al., 2002;
Fuchs et al., 2004; Tibayan et al., 2004). Therefore, assessment of LV rotation
represents an interesting approach for quantifying LV function. However, so far MRI
tagging has been the only clinically available method (Maier et al., 1992; Stuber et al.,
1999; Nagel et al., 2000; Sandstede et al., 2002; Fuchs et al., 2004; Buchalter et al.,
1990; Fogel et al., 2000; Nagel et al., 2000; Setser et al., 2003), and implementation
has therefore been limited by complexity and cost.
In the present study we introduce and evaluate echocardiographic speckle tracking
as a new noninvasive method for assessment of LV rotation and torsion. Because
of scattering, reflection, and interference of the ultrasound beams in myocardial
tissue, speckle formations in gray-scale echocardiographic images represent tissue
markers that can be tracked from frame to frame throughout the cardiac cycle. We
hypothesized that STE could be an accurate and clinically applicable non-invasive
method for estimating the magnitude and dynamics of LV rotation. In this study,
torsion was estimated as the difference in apical and basal rotation, and the STE
method was validated by comparison with sonomicrometry in a dog model and with
MRI tagging in humans.
A.2 Methods
A.2.1 Experimental study
Thirteen mongrel dogs of either sex and with average body weight 23.2 kg were
anesthetized with a bolus of thiopental 25 mg/kg, followed by continuous infusion
of morphine (3.5 mg kg−1h−1) and pentobarbital (2 mg kg−1h−1), the latter reduced to
half dose after 4 hours of infusion. The animals were artificially ventilated through a
cuffed endotracheal tube with room air with 20% to 50% O2. The ECG was monitored
from limb leads. One femoral vein and two jugular arteries were cannulated. After
a median sternotomy, the pericardium was split from apex to base and the edges
of the pericardial incision were loosely resutured after instrumentation. Inflatable
vascular occluders were placed around the proximal third of the left anterior descending
coronary artery (LAD). Aortic, left atrial, and LV pressures were measured by
micromanometers (MPC-500 Millar Instruments Inc., Houston, Texas). Data were
digitized at 200 Hz. The dogs were placed in a supine position during recordings. The
study was approved by the National Animal Experimentation Board. The laboratory
animals were supplied by Center for Comparative Medicine, Rikshospitalet University
Hospital, Oslo, Norway.
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Figure A.1: Panel A: Schematic presentation of the LV with implanted crystals (filled circles)
and directions of rotations of the anterior wall indicated (arrows). When viewed from the apex,
apical rotation is counterclockwise and basal rotation, clockwise. Panel B: End-diastolic and end-
systolic apical, 2D gray-scale echocardiographic images from an animal experiment. The ROIs
(white squares) and best-fit circle are indicated. The thin dashed arrows point to ROIs, and
the thick solid arrows point to crystals. The change in position of arrows from end-diastole to
end-systole, confirmed the counterclockwise rotation
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Sonomicrometry
For estimation of LV torsion and apical and basal rotation, 1 sonomicrometric crystal
was implanted at the tip of the apex, and 11 crystals were implanted along the LV
circumference at basal (n = 3), equatorial (n = 4) and apical (n = 4) short-axis levels
(Figure 1, Panel A). Anatomy allowed only 3 crystals at the basal level. To minimize
myocardial damage and to achieve reproducible and parallel planes, the crystals at each
level were placed subepicardially and at distances approximately 20, 40 and 60 mm
from the LV apex.
With signals obtained from the 3D grid of crystals, the coordinates of each crystal
was automatically determined in space as a function of time (200 Hz). Parallel apical,
equatorial and basal LV planes were constructed by interpolation of the corresponding
crystal coordinates, and the in-plane positions were approximated by cubic Hermite
interpolation (standard interpolation used in Matlab). The center of rotation for each
LV plane was determined as the center of a best-fit circle through the interpolated
coordinates. For each plane, the angular movements of the interpolated coordinates
were averaged, and LV torsion was estimated as the difference in angular movement
between apical and basal planes at isochronal points. Apical and basal rotation was
calculated by measuring the difference in angular movement between the equatorial
level, where rotation is known to be minimal (Nagel et al., 2000; Sandstede et al.,
2002; Fogel et al., 2000; Henson et al., 2000; Lorenz et al., 2000; Moore et al., 2000;
Nichols et al., 2002), and the apical and basal levels, respectively.
Echocardiographic recordings and analysis
LV short-axis recordings were obtained by conventional 2D gray-scale echocardio-
graphy (Vivid 7 scanner, GE Vingmed, Horten, Norway). Transducer frequencies
(1.7 to 2.0 MHz ), sampling rates (70 to 110 frames per second) and sector width (as
narrow as possible) were adjusted for optimal speckle quality of the recordings. Short-
axis echocardiograms were recorded in the same plane as used for sonomicrometry
with the anatomic crystals as a reference.
Echocardiographic recordings were done immediately before the sonomicrometric
recordings and analyzed with a Matlab-based program that uses the speckle patterns
in the gray-scale images. The speckle tracking method with minimum sums of absolute
differences of the B-mode pixel data (Bohs and Trahey, 1991), was used to track the
position of a kernel region (a selected region of interest [ROI)] with a unique speckle
pattern) frame by frame throughout the cardiac cycle. To avoid drift, the tracking
algorithm was applied both forward and backward, and the results were averaged. The
size of the ROI was 3×5 mm and the limit for maximum displacement velocity was set
to 12 cm/s for vertical and 7 cm/s for lateral velocities. Nine ROIs were automatically
superimposed on the echocardiographic image at end-diastole and positioned to fit the
circle-shaped LV. In our experimental study, this superimposed circle was aligned with
the subepicardial LV circumference.
Rarely was > 1 crystal visible in the echocardiographic image. Therefore, it was
not a major problem that nonphysiological speckle patterns would falsely improve
tracking quality. Figure A.1, Panel B, shows representative recordings. The starting
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position of the ROIs could be adjusted manually when the tracking appeared to be
poor. ROIs were excluded in regions of insufficient speckle quality because of dropouts
of ultrasound data or severe reverberations. ROIs that drifted outside the wall layer
being studied were also rejected. In our analyzes, 93% of the ROIs remained within
the LV layer of interest.
Rotation was estimated as the average angular displacement of all 9 ROIs relative
to the center of a best-fit circle through the same ROIs, frame by frame. Torsion was
estimated as the difference between apical and basal rotation at isochronal points.
Experimental protocol
After baseline recordings (approximately 2 to 3 hours after thoracotomy) were
obtained, dobutamine was infused at a rate of 5µg kg−1min−1, and recordings were
repeated. After return of dP/dt to baseline values, the LAD was occluded for
10 minutes and recordings were obtained. Baseline data were obtained from 13
dogs, whereas dobutamine intervention was not performed in the first 4 experiments.
In 5 dogs, recordings during ischemia could not be obtained because of sustained
ventricular fibrillation shortly after LAD occlusion. In 6 dogs, short-axis recordings
from multiple levels were obtained approximately 5 minutes before and 5 minutes after
pericardiotomy. This was done to explore the importance of an intact pericardium for
LV rotation.
A.2.2 Clinical study
Twenty-nine healthy volunteers (15 men and 14 women, mean age 33± 6 years) were
included. The study protocol was approved by the National Committee for Medical
Research Ethics of Norway. All participants gave written, informed consent.
MRI tagging
Images were obtained using a 1.5 T scanner (Magnetom Vision Plus, Siemens,
Erlangen, Germany). To standardize short-axis image planes between individuals,
the basal cine image was defined just distal to the fibrous mitral ring, and the
apical level, just proximal to the level with luminal closure at end-systole. Striped
tags were prescribed separately in two orthogonal orientations (45◦ and 135◦) with
spatial modulation of magnetization (SPAMM) in a grid pattern with 8-mm distance
between tags and a time resolution of 35 ms. Images were acquired during 12- to
18-second breath holds and triggered by ECG. Consistent with STE measurements,
rotation by MRI tagging was calculated as the average of measurements obtained in
the midendocardial and subendocardial layers. Recordings were analyzed by harmonic
phase imaging (HARP version 1.0, Diagnosoft Inc. Palo Alto, CA) (Garot et al., 2000)
at an experienced MRI reading center (Johns Hopkins University).
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Echocardiographic recordings and analysis
Short-axis echocardiographic recordings were obtained with the volunteers in a supine
left lateral position. The same scanner and acquisition settings were used as for the
experimental recordings. Short-axis recordings at the basal level were obtained from
a standard parasternal probe position, and recordings at the apical level, from a
more distal anterior or anterolateral position. Short-axis images were acquired at
approximately the same levels as the MRI cine images. Echocardiographic recordings
were taken within 5 to 10 minutes before or after MRI examinations during breath
holds, and an effort was made to make the LV cross section as circular as possible. The
quality of the speckles improved progressively from the epicardium to the endocardium,
and in many cases the subepicardial speckle quality was suboptimal. Therefore, we
limited the study to assessment of rotation of the midendocardial and subendocardial
layers. Criteria for adjustments or rejections of ROIs were the same as for the
experimental study.
A.2.3 Reproducibility of the STE method
All echocardiographic analyzes were done without knowledge of the results from the
reference methods. To assess interobserver variability, 6 experimental and 6 clinical
echocardiographic recordings were randomly selected and then independently analyzed
by two different observers (including selection of the cardiac cycle, placement of the
ROIs and deriving the results).
A.2.4 Statistical analysis
Data are presented as mean ± SD unless otherwise stated. The rotation and
torsion measurements obtained by STE and reference methods were compared by
a least-squares linear-regression method and by the Bland-Altman method (Bland
and Altman, 1986). In the experimental study, we used 1-way repeated-measures
ANOVA followed by the Bonferroni correction for predefined comparisons of baseline
versus dobutamine and baseline versus ischemia (SPSS version 12, Chicago, Illinois).
Statistical differences were considered significant at P < 0.05. Interobserver variability
was assessed by the intraclass correlation coefficient and by the Bland-Altman method.
A.3 Results
A.3.1 LV rotation and torsion by STE versus sonomicrometry:
Experimental study
Figure A.2 shows representative traces of LV apical and basal rotation and torsion by
STE and sonomicrometry at baseline, during dobutamine infusion, and during acute
LAD occlusion (apical ischemia; Table A.1). By convention, the direction of rotation
was referenced to apical views as clockwise (positive values) or counterclockwise
(negative values). By both methods, an early systolic clockwise followed by
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Figure A.2: Experimental study: Representative examples of apical and basal rotation and
torsion at baseline, during dobutamine infusion and after 10 minutes of ischemia, as measured
by sonomicrometry and STE. Clockwise rotation is represented by positive numbers. Dashed and
solid lines indicate rotation as measured by sonomicrometry and echocardiography, respectively.
a counterclockwise rotation during ejection was seen at the apical level, with
corresponding counterclockwise-clockwise rotations at the basal level. At baseline,
peak apical rotation increased with dobutamine from −4.1 ± 1.2◦ to −6.7 ± 0.9◦
(P < 0.001) and from −3.7± 1.2◦ to −6.2± 0.9◦ (P = 0.001) measured by STE and
sonomicrometry, respectively. Peak basal rotation increased from 2.0±1.2◦ to 4.5±1.2◦
(P < 0.001) and from 1.9± 1.5◦ to 4.8± 2.0◦ (P < 0.001). Apical rotation decreased
during LAD occlusion, to −1.8 ± 1.3◦ (P < 0.001) and −2.0 ± 1.9◦ (P = 0.007) by
STE and sonomicrometry, respectively, whereas basal rotation was unchanged with
either method. Correspondingly, LV torsion increased during dobutamine infusion
(P < 0.001) and decreased during LAD occlusion (P = 0.003 by STE and P = 0.055
by sonomicrometry).
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Figure A.3: Experimental data: rotation. Panel A: Correlation between rotation measured by
sonomicrometry and STE. Panel B: Agreement between rotation measured by sonomicrometry
and STE. The mean difference between methods and ±2SD are indicated.
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Figure A.4: Experimental data: torsion. Panel A: Correlation between torsion measured by
sonomicrometry and STE. Panel B: Agreement between torsion measured by sonomicrometry and
STE. The mean difference between methods and ±2SD are indicated.
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Figures A.3 and A.4 are scatter plots, with correlation and agreement data, for
peak rotation and torsion by STE and sonomicrometry. Separate regression analyzes
of pooled data for apical and basal rotation by STE and sonomicrometry demonstrated
good correlation (r = 0.92, P < 0.001, and r = 0.76, P < 0.001, respectively), and
as shown by Bland-Altman analyzes, there were no systematic differences between
the methods. There was also good correlation and agreement between STE and
sonomicrometry for the time to peak rotation at the apex (y = 0.79x + 46, r = 0.58,
P = 0.006, and mean difference −10±49 ms) and at the base (y = 0.96x+23, r = 0.9,
P < 0.001, and mean difference −13±23 ms). For LV torsion the results were equally
good for magnitude and timing (y = 0.92x − 0.83, r = 0.94, P < 0.0001 and mean
difference 0.3 ± 1.2◦, and y = 0.90x + 23, r = 0.90, P < 0.0001 and 2 ± 52 ms,
respectively).
There was no significant change in heart rate or time to peak rotation from baseline
to interventions. However, there was a tendency towards increased heart rate during
both ischemia and dobutamine infusion, and a reduced time to peak rotation during
dobutamine infusion. Short-axis recordings from the time of crystal implantation
confirmed minimal rotation at the equatorial level (−0.2± 0.3◦).
A.3.2 LV rotation and torsion by STE versus MRI tagging:
Healthy humans
Figure A.5 shows representative examples of rotation and torsion by STE and MRI
tagging in healthy subjects, and Table A.2 summarizes the findings. Consistent with
the experimental study, LV apical rotation during ejection was counterclockwise by
STE and MRI, and basal rotation was clockwise. Early systolic basal rotation was
counterclockwise by both methods, whereas early systolic apical clockwise rotation
was confirmed only by STE.
Figure A.6 displays correlation and Bland-Altman plots for STE and sonomicrom-
etry data. The correlation and agreement between the two methods were good for
both peak apical rotation (r = 0.91, P < 0.001) and peak basal rotation (r = 0.67,
P < 0.001). There were also good correlations and agreements for the time to peak
apical rotation (y = 0.62x+132, r = 0.47, P < 0.012, and mean difference 14±46 ms)
and for the time to peak basal rotation (y = 0.82x + 62, r = 0.61, P < 0.001, and
mean difference 0±633 ms). For magnitude of peak torsion and time to peak torsion,
correlation and agreement were also good (y = 0.85x − 1.6, r = 0.85, P < 0.001,
and mean difference −1.4 ± 2.0◦, and y = 0.56x + 154, r = 0.49, P < 0.008, and
mean difference 10± 30 ms, respectively).
In our clinical study, ROIs were rejected in only 10% of the recordings (one ROI
in 6%, and two ROIs in 4% of the recordings). In the experimental study ROIs
were rejected in 18% of the recordings (one ROI in 10% and two ROIs in 8% of the
recordings).
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Figure A.5: Clinical study: Representative examples of apical and basal rotation and torsion,
measured by MRI tagging and speckle tracking echocardiography. Rotation by MRI was not
feasible for a complete heart cycle due to fading of tags. Dashed and solid lines indicate rotation
by MRI and echocardiography, respectively.
A.3.3 Effect of pericardiotomy on LV rotation and torsion
Pericardiotomy caused no change in LV apical or basal rotation (−5.7 ± 0.5◦ and
−5.5 ± 0.4◦ [P = NS], and 3.1 ± 0.6◦ and 3.0 ± 1.2◦ [P = NS], respectively).
During the 2- to 3-hour period before the baseline recording, however, apical and basal
rotation decreased (to −4.2 ± 0.6◦, P < 0.05 and 1.8 ± 0.7◦, P = NS, respectively).
Furthermore, LV dP/dtmax and LV pressure, which were unaffected by pericardiotomy
(2138 ± 485 and 2134 ± 453 mmHg/s, P = NS, and 120 ± 7 and 120 ± 6 mmHg,
P = NS, respectively), decreased to 1644± 319, (P = NS) and 104± 5 (P = 0.040),
respectively, at the time of baseline recordings. Similarly, torsion was unaffected by
pericardiotomy ( −8.7± 1.8 before versus −8.6± 2.0◦ after), and was reduced at the
time of baseline recordings ( 6.0± 1.8◦, P < 0.002).
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Figure A.6: Clinical data: rotation. Panel A: Correlation between rotation measured by MRI and
STE. Panel B: Agreement between rotations measured by MRI and STE. The mean difference
between methods and ±2SD are indicated.
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Table A.2: Results from clinical study.
Healthy subjects (n = 29)
Early systolic Late systolic
Apical rotation (◦) by
MRI tagging −2.6±1.0 −11.6±3.8
Echocardiography 1.3±0.6 −10.9±3.3
Time to peak apical rotation (s)
MRI tagging 48±17 319±32
Echocardiography 49±15 333±44
Basal rotation (◦) by
MRI tagging −2.3±0.9 4.8±1.7
Echocardiography −1.9±0.8 4.6±1.3
Time to peak basal rotation (ms) by
MRI tagging 98±34 343±30
Echocardiography 112±26 342±41
Torsion (◦) by
MRI tagging −0.3±1.0 −15.9±3.5
Echocardiography 1.2±0.5 −14.5±3.2
Time to peak torsion (ms) by
MRI tagging 73±18 328±27
Echocardiography 80±13 338±31
Values are mean± SD.
A.3.4 Interobserver variability
Measurements by STE of peak rotation by two independent observers showed a mean
difference between the two analyzes of 0.4±1.6◦. The intraclass correlation coefficient
between the two observers was 0.99. The typical time spent for data analysis was < 1
minute.
A.4 Discussion
Echocardiography is one of the cornerstones in diagnosis and monitoring of cardiac
diseases. However, angle independent assessment of LV deformation and rotation has
only been possible by MRI tagging. The present study demonstrates that STE can
measure LV torsional deformation noninvasively, by automated tracking of speckles
from apical and basal short-axis recordings. The validity of our approach was tested
with sonomicrometry as a reference method in an animal model and MRI tagging
in humans. With sonomicrometry, the implanted myocardial crystals served as
anatomic landmarks that ensured that the LV cross-sectional planes studied by the
two methods were the same, and measurements could be performed only a few seconds
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apart. Furthermore, in the animal model, comparison between the methods could be
completed under a wide range of experimental settings known to alter LV rotation.
The STE method showed dynamics, magnitudes, and timing of peak basal and apical
rotation and torsion that were closely related to measurements by sonomicrometry.
The same relation was found when STE was compared with MRI in healthy volunteers.
A.4.1 Apical rotation
In the present study, counterclockwise rotation during LV ejection was demonstrated
at the apical level in healthy individuals and was found in the dog model. During
dobutamine infusion, there was an increase in apical rotation, and a tendency towards
a decrease in time to peak rotation, whereas during LAD occlusion apical rotation
was reduced. These changes in apical rotation by dobutamine and apical ischemia
are concordant with the findings from previous studies that have used other methods
(Rademakers et al., 1992; Buchalter et al., 1994; Gibbons Kroeker et al., 1995b,a; Dong
et al., 1999).
Although systolic apical rotation was predominantly counterclockwise, there was
a small, clockwise rotation during isovolumic contraction. The oppositely directed
rotation was demonstrated by both sonomicrometry and STE but not by MRI (see
Figs. A.5 and A.5). This phenomenon has been described previously and might be
attributed to earlier activation of subendocardial fibers (right-handed helix) than
subepicardial fibers (McDonald, 1970; Yun et al., 1991; Durrer et al., 1970; Azhari
et al., 1992). The reason why this motion was not recognized by MRI tagging is
probably the relatively low temporal resolution of the method (35 ms).
A.4.2 Basal rotation
Consistent with previous studies (Nagel et al., 2000; Sandstede et al., 2002; Fuchs et al.,
2004; Fogel et al., 2000; Nagel et al., 2000; Setser et al., 2003; Lorenz et al., 2000; Moore
et al., 2000; Nichols et al., 2002). LV rotation at the base was predominantly clockwise.
During early systole, however, there was a counterclockwise rotation that gradually
changed into a more substantial clockwise rotation during ejection. Dobutamine
infusion caused a significant increase in basal clockwise rotation, with no change in
time to peak rotation. To our knowledge, no previous studies exist of basal rotation
during dobutamine infusion. Apical ischemia caused no significant change in basal
rotation (Nagel et al., 2000), reflecting the fact that there was no impairment of LV
function between equator and base.
Some studies have indicated that basal LV rotation is minimal (Gibbons Kroeker
et al., 1993; Knudtson et al., 1997). However, in patients with aortic stenosis, a reduced
magnitude of basal rotation compared with normals has been observed (Nagel et al.,
2000). Furthermore, in patients with chronic heart failure, 6 months of treatment was
associated with an increase in basal rotation, whereas apical rotation was unchanged
(Fuchs et al., 2004), indicating that measurement of basal rotation may be clinically
relevant. However, compared with the reference methods, assessment of rotation by
STE was less accurate for the basal level than for the apical level. Therefore, deviations
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in basal rotation could be difficult to assess by STE, and larger clinical studies will
need to be performed to answer this question.
A.4.3 Comparison with previous studies
The magnitudes of LV apical and basal rotation and torsion, as reported in previous
experimental and clinical studies, differ substantially (Rademakers et al., 1992;
Gibbons Kroeker et al., 1993; Moon et al., 1994; Hansen et al., 1991; Yun et al.,
1991; Buchalter et al., 1994; DeAnda et al., 1995; Knudtson et al., 1997; Stuber et al.,
1999; Nagel et al., 2000; Sandstede et al., 2002; Fuchs et al., 2004; Tibayan et al.,
2004; Buchalter et al., 1990; Nagel et al., 2000; Henson et al., 2000; Lorenz et al.,
2000; Moore et al., 2000; Nichols et al., 2002; Dong et al., 1999; Mirro et al., 1979;
Hansen et al., 1988; MacGowan et al., 1996; Rothfeld et al., 1998; Stuber et al., 1998;
Bell et al., 2000; Tibayan et al., 2002; Sorger et al., 2003), and a number of factors
may explain this variance.
As demonstrated by Henson et al. (2000), apparent differences in torsion between
mice and humans are due to the different sizes of their ventricles. When systolic
torsion angle was normalized for LV length, torsion was essentially similar in the two
species. Furthermore, because torsion angle is a nonlinear function of ventricular
length, its magnitude depends critically on measurement level relative to the LV
base or other reference point. The relatively high values of apical rotation measured
by Gibbons Kroeker et al. (1993) are most likely explained by their measurement
technique, which recorded rotation at the distal part of the LV apex.
Another factor that may explain some of the variance in torsion magnitude in
different studies is the existence of a marked transmural gradient, with subendocardial
values almost twice the subepicardial (Buchalter et al., 1990). In the dog model,
we measured subepicardial rotation, and during baseline conditions, torsion was
approximately 6◦. These values are in the same range as reported by Buchalter et al.
(1994), who measured both subepicardial and subendocardial torsion in anesthetized
dogs by MRI tagging. Furthermore, the hemodynamic and contractile status of the
heart in different animal models may vary and give rise to differences in torsion. A
significant reduction in rotation at the apical level and a trend toward a reduction
at the base was found at the time of baseline recordings. This was associated with
reductions in LV pressure and LV dP/dtmax, indicating that there was some reduction
in LV systolic function. Most likely the decrease in rotation reflects impairment of LV
function due to the extensive surgical instrumentation.
A.4.4 Limitations
Several important factors may influence the accuracy of STE. The quality of the
recordings must be high to achieve correct tracking, and it requires proper adjustment
of frame rate, probe frequency, and focus. In the present study, tracking quality was
evaluated visually, and ROIs of poor tracking quality were either manually moved to
areas of better speckle quality or deleted. Because rotational displacement is relatively
homogenously distributed around the LV circumference in healthy myocardium,
82
A.4 Discussion
deletion of one or a maximum of two ROIs will have minimal effect on the average
rotation (Buchalter et al., 1994, 1990; Hansen et al., 1988).
A fundamental problem with STE in LV short-axis images is that longitudinal
motion of the LV causes the myocardium to move in and out of the image plane. As
a consequence, speckles generated from the ultrasound beam (2 to 3 mm of thickness)
will represent the myocardium from different cross-sectional levels during the cardiac
cycle. This problem is most pronounced at the LV base, where the longitudinal
displacement according to our results, was approximately 4 mm from end-diastole to
end-systole, whereas the LV apex was essentially stationary. In our study, the relation
between STE and the reference methods was best at the apical level, probably because
of the aforementioned phenomenon.
A limitation in the clinical study was that speckle quality in some cases was
suboptimal in the subepicardial layer of the LV. Therefore, for validation against
MRI, we compared measurements from the middle and inner wall layers. Hopefully,
technical developments in ultrasound technology will resolve this problem. In the
dog study, we had direct access to the heart via sternotomy, and by using ultrasound
gel as a standoff, we obtained satisfactory tracking quality in all layers of the LV
wall. One limitation of clinical routine use of STE is the selection of reproducible
anatomic landmarks for measuring apical rotation. One approach was to move the
cross-sectional image plane as far distally as possible. Another approach could be to
measure at the most distal level that does not have luminal closure during systole. At
the basal level, reproducible image planes were easier to obtain with the fibrous mitral
ring for orientation. Selection of imaging plane is a challenge, and clinical testing of
STE in patients is needed to determine whether reproducible measures can be obtained
from ventricles that may change in size and geometry over time.
In contrast to STE, which provides a measure relative to a stationary reference
point outside the heart (the echocardiographic transducer), sonomicrometry provides
no direct measure of rotation. Because apical and basal rotations are in opposite
directions, somewhere between them there exists a level where rotation changes from
one direction to the other. A number of studies on dogs, mice and humans have
confirmed that the short-axis level approximately one third from base to apex (LV
equator) shows minimal rotation (Nagel et al., 2000; Sandstede et al., 2002; Fogel
et al., 2000; Henson et al., 2000; Lorenz et al., 2000; Moore et al., 2000; Nichols
et al., 2002). In our study, we measured rotation at the equatorial level by the time of
crystal implantation, and the results confirmed minimal rotation (−0.2±2.3◦). Taking
into account the good relationship between STE and sonomicrometry, this finding
indicates that our methodological approach was adequate. Furthermore, for strict
methodological comparison of STE with sonomicrometry, assessment of LV torsion
was sufficient, and the correlation and agreement between torsion by the two methods
were very good.
83
Paper A. Left ventricular rotation by speckle tracking
A.5 Conclusions
This study demonstrates that the magnitude, timing and dynamics of regional
LV rotation and torsion can be measured accurately by STE. When MRI and
sonomicrometry were used as reference methods, STE showed good correlation and
agreement, suggesting that STE has the potential to become a fast and accurate
noninvasive clinical tool.
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A new Tissue Doppler Method for Examination of
Left Ventricular Rotation
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This paper introduces a new semi-automatic method for assessing regional left
ventricular (LV) rotation that utilizes the velocity field provided by tissue Doppler
imaging (TDI). LV end-systolic angle of twist estimated by the new method has
been compared with rotation by magnetic resonance imaging (MRI) tagging, by 2D
speckle tracking echocardiography (STE) and by a TDI method using the velocity
difference between the tangential points on the LV circumference in 21 human
subjects. The new TDI method gave lower absolute values for end-systolic twist
angle than MRI and STE (agreement −4.1 ± 2.1◦ and −2.5 ± 4.0◦, respectively).
The reproducibility of the new method was as good as for MRI and STE, but worse
than the use of TDI velocities in tangential points. The present study has shown
that TDI methods constitute useful alternatives to speckle tracking and MRI, and
should be considered in future studies of LV twist and rotation.
The video clips cited in this article can be found online at
http://www.umbjournal.org (doi:10.1016/j.ultrasmedbio.2008.03.022).
B.1 Introduction
During the cardiac cycle, the left ventricular (LV) myocardium rotates around its long
axis. The rotation varies along the long axis, resulting in an angle of twist of the apex
relative to the base. The pattern of rotation is observed to be stable over time in
healthy subjects, but is sensitive to changes in both regional and global LV function
(Hansen et al., 1991; Maier et al., 1992; Gibbons Kroeker et al., 1995; Tibayan et al.,
2004; Helle-Valle et al., 2005; Takeuchi et al., 2007). Therefore, assessment of LV
rotation has been suggested as an approach for quantifying LV function. Magnetic
resonance imaging (MRI) tagging has predominantly been the method of choice to
examine LV rotation and twist. Speckle tracking echocardiography (STE) on short
axis (SAX) views has recently been introduced as an ultrasound-based method for
assessing LV rotation (Notomi et al., 2005; Helle-Valle et al., 2005). Garot et al.
(2002) suggested a method based on tissue Doppler imaging (TDI), where the rotation
was found from the circumferential displacement of a region of the LV wall where the
observed Doppler shift was zero. However, the physical foundation of this methodology
has been questioned (D’hooge et al., 2002). A later paper by Notomi et al. (2005)
presented a different TDI method in which the rotation was estimated using the
velocities from the points of tangency between the LV wall and the ultrasound beams.
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This paper presents a new complementary method for estimation of regional and
global rotation from the velocity field provided by tissue Doppler imaging (TDI). The
method is related to the method suggested by Notomi et al. (2005), but differs by
making use of the velocity information in all visible parts of the LV wall, thereby
allowing calculation of regional rotation and circumferential strain. LV rotation
and twist angle measured by the new method (hereinafter referred to as TDI1) are
compared with results from the TDI-method suggested by Notomi et al., speckle
tracking in B-mode images, and MRI tagging (referred to as the TDI0, STE and
MRI methods, respectively). We chose to study the methods in a mixed population
of healthy subjects and patients with myocardial infarction.
B.2 LV rotation by TDI
B.2.1 Rotation from two tangential velocities (TDI0)
LV rotation can be estimated by using four regions-of-interest (ROIs) in the TDI
short-axis view: A lateral and a septal region, placed where the ultrasound beam is
tangential to the LV circumference; and an anterior and posterior region, placed where
the ultrasound beam is perpendicular to the LV circumference (Notomi et al., 2005).
If the ROIs are adjusted to stay at their correct positions through the cardiac cycle,
the LV rotation Θ(t) can be calculated by:
Θ(t) =
∫ t
0
VLat(t)− VSep(t)
2r(t)
dt (B.1)
where VLat, VSep are myocardial velocities at lateral and septal regions, and r(t) is the
LV radius estimated by:
r(t) = r0 +
∫ t
0
Vn(t)dt (B.2)
where r0 is the end-diastolic radius, and Vn is the contraction velocity found from the
velocities VPos and VAnt in the posterior and anterior regions:
Vn(t) = (VPos(t)− VAnt(t)) /2 (B.3)
B.2.2 The extended TDI method (TDI1)
The main assumption in our algorithm is that the LV wall in short axis images is
approximately circular, and remains circular through the cardiac cycle. Thereby, the
local in-plane motion can be decomposed into a tangential motion (i.e. rotation) and
a radial motion (i.e contraction or expansion), in addition to a global translation. The
user input to the method is the LV center position in end-diastole, end-systole and
mid-diastole, and the LV radius in end-diastole. To perform regional analysis, the
orientation of the LV has to be indicated by the user. The lateral component of the
translation of the LV center is found by interpolation between the user-drawn center,
whereas the radial (i.e. in the beam direction) translation is estimated as the mean
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Figure B.1: Illustration of the velocity vectors involved in eqn B.4. For simplicity, the velocity ~vc
of the center point is omitted from the illustration.
of velocities VPos and VAnt from posterior and anterior ROIs. The LV contraction
velocity Vn is estimated from eqn B.3. The ROIs are adjusted automatically through
the cardiac cycle, using the estimates of the center displacement and the contraction
velocity. A set of points (sample volumes) are distributed on the resulting dynamic
LV circumference. In each point, the local beam direction ~eb, normal direction ~en and
tangential direction ~et are calculated. The tangential velocity Vt,i is calculated from
the observed Doppler velocity Vobs,i in each point i as:
Vt,i =
Vobs,i − (Vn~en,i + ~vc) · ~eb,i
~et,i · ~eb,i (B.4)
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Figure B.2: Regional apical rotation in end-diastole (left) and end-systole (right), as estimated
by the new TDI1 method. The white cross indicates the average rotation of all segments.
where ~vc is the center velocity vector. Rotation Θi is calculated as:
Θi(t) =
∫ t
0
Vt,i(t)/r(t)dt (B.5)
where r(t) = r0 +
∫ t
0
Vn(t)dt (Fig. B.1). If we assume VLat = −VSep and no
displacement of the LV center, eqn B.5 and B.4 equals eqn B.1 in the lateral and septal
regions where the ultrasound beam is tangential to the circumference ( ~eb,i = ~et,i).
Equation B.4 has a singularity when ~et,i is perpendicular to ~eb,i, and points on the
LV circumference where ~en,i makes an angle with the beam direction less than a
small threshold angle are therefore excluded from the analysis. The rotation traces
are linearly drift-corrected in order to return to zero at the end of the cardiac
cycle. Segmental rotation is calculated as the mean rotation from all circumferential
points in each segment. The method was implemented in Matlab (The Mathworks,
Massachusetts, version 7.0). Figure B.2 shows the method applied on a short-axis TDI
recording.
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B.3 Methods
B.3.1 Study sample
Twenty-one subjects, 10 with previous myocardial infarction (1 female, 9 male; age
range 62±7 y) and 11 healthy volunteers (6 female, 5 male; age range 24±4 y), were
included in the study after having given written informed consent. The study protocol
was approved by the National Committee for Medical Research Ethics in Norway. The
patient group consisted of seven subjects with inferior infarction, two with anterior
infarction and one with multiple infarctions. The time between the infarction and
the study examination was > 3 weeks. The time interval between MRI acquisition
and echocardiography was less than 3 h in all but two subjects (< 24 h). The mixed
population was chosen in order to examine the agreement of the algorithms in subjects
with variable twist pattern and image quality, and no matching between the patients
and the healthy subjects in terms of age, gender or BMI was performed.
B.3.2 Definitions
Two short-axis levels were defined: (ii) basal level: just distal to the left
atrioventricular plane in end-systole; (ii) apical level: just proximal to the level with
luminal closure at end-systole. Clockwise rotation, when viewed from the apex, is
represented by positive numbers. Angle of twist is defined as the difference in rotation
between the apical level and the basal level. Twist velocities were computed by
numerical differentiation of the angle of twist traces, using a window size of 50 ms.
B.3.3 Echocardiography
TDI images (frame rate 135±39s−1) and B-mode images (frame rate 96±22 s−1) from
the two short-axis levels were acquired with the subjects in the left lateral position
using a Vivid 7 scanner with a 2.5-MHz transducer (GE Vingmed Ultrasound, Horten,
Norway). Efforts were made to orient the short-axis views perpendicular to the long
axis, by counteracting elliptical distortion of the LV. Images were stored digitally
and analyzed off-line. End-systole was defined as the time of aortic valve closure.
The timing of aortic valve closure in each subject was computed as the onset of the
sharp velocity spike at end ejection in separate pulsed Doppler recordings from the
LV outflow tract. Assessment of rotation from TDI images were performed using
the extended TDI algorithm described in the previous section (TDI1), as well as our
own implementation of the method described by Notomi et al. (2005) (TDI0). Both
methods used an 8 mm circular ROI at the anterior and posterior regions. In the TDI0
method, a 4×8 mm elliptical ROI was used for the lateral and septal regions. Different
to the study of Notomi et al., no averaging over consecutive beats was performed.
In the TDI1 method, regional rotation was measured in 400 circumferential points,
but the results were not used when the angle between ~en,i and the beam direction
was less than 5◦. Rotation analysis of the corresponding B-mode images (STE) was
performed using the 2D strain tool for EchoPac (version 6.0.0, GE Healthcare), keeping
the default values for temporal and spatial averaging. To compare the rotation values
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from echocardiography with MRI, the reference time of zero rotation was adjusted to
correspond to the second tagged MRI image after end-diastole, because in many cases
the first MRI was corrupted by noise.
B.3.4 MRI tagging
Tagged short-axis MRI images from the two levels were recorded during breath holds
with a 3-T whole-body magnet (Intera, Philips Medical Systems) and a six-channel
SENSE cardiac coil, using a C-SPAMM tagging technique (Fischer et al., 1993). The
following acquisition settings were applied: Tag spacing 8 mm, repetition time 24 ms,
flip angle 20◦, base resolution, 256 × 256 pixels. To reduce the effect of out-of-
plane motion, the slice thickness was set to be higher at the base (20 mm) than
at the apex (10 mm). Assessment of in-plane rotation was done by peak-combination
HARP analysis (Ryf et al., 2004), provided by the tagging analysis software for the
Philips PRIDE environment (TagTrack, version 1.5.4, GyroTools and Philips Medical
Systems). Based on a manually drawn contour inside the LV myocardium, TagTrack
interpolated a set of equally spaced points. The motion of these points was then
automatically tracked by the software by using the phase information in the tagged
MRI scan. Rotation was calculated from the angular displacement of the points
relative to the center of mass.
B.3.5 Statistics
Agreement was evaluated by Bland-Altman statistics (Bland and Altman, 1999).
End-systolic angle of twist values were compared by paired t-tests, and 95% limits
of agreements were approximated as mean ± 2SD of the difference between the
methods. A p-value less than 0.05 was considered statistically significant. Values
are reported as mean ± SD. Reproducibility analysis were performed based on
the ten last examined subjects (four patients, six healthy), in which repeated MRI
tagging recordings were performed. Reproducibility was reported as intraobserver
(same cycle) and interobserver (different cycles, two separate acquisitions were made
by MRI tagging) repeatability coefficients (Bland and Altman, 1999). Analyzes were
performed using the Statistics Toolbox in Matlab.
B.4 Results
The summary of the main results is found in Table B.1. Video clips showing examples
of tracking of rotational motion using the new TDI1 method can be found in the online
supplement. Figure B.3 and B.4 show examples of rotation and rotation velocity traces
from the different methods for the basal, mid-ventricular and apical levels. Figure B.5
summarizes the development of the twist angle and twist velocity during the cardiac
cycle in the healthy subjects. The timing of the traces is normalized in systole and
diastole, separately.
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Figure B.3: Example of rotation traces from a healthy subject using the TDI methods (TDI0 and
TDI1), B-mode speckle tracking (STE) and MRI HARP analysis (MRI) at basal, mid-ventricular
and apical levels. Aortic valve closure (AVC) was estimated from Doppler flow profile.
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Figure B.4: Example of rotation velocity traces from a healthy subject using the TDI methods
(TDI0 and TDI1), B-mode speckle tracking (STE) and MRI HARP analysis (MRI) at basal,
mid-ventricular and apical levels. Aortic valve closure (AVC) was estimated from Doppler flow
profile.
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Table B.1: Summarization of methods for assessment of LV rotational motion.
Method: MRI TDI0 TDI1 STE
Regional rotation Yes No Yes Yes
Frame rate, (s−1) 42 135± 39 135± 39 96± 22
End-systolic twist, (◦) −14.5± 3.4 −9.0± 3.8 −10.8± 4.6 −13.5± 5.3
- Agreement w/TDI0 −5.2± 3.2 N/A −1.8± 4.5 −4.3± 3.2
- Agreement w/TDI1 −4.1± 2.1 1.8± 4.5 N/A −2.5± 4.0
- Rep. coeff. —Intraobs 3.7 3.0 4.0 5.8
- Rep. coeff. —Interobs 5.6 3.4 3.9 5.6
N/A = Not applicable; Rep. coeff = repeatability coefficient; Intraobs = intraobserver; Interobs = interobserver.
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Figure B.5: Left ventricular twist angle and twist velocity using the TDI1 method, averaged over
11 healthy subjects. The shaded areas indicate ±1SD.
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Figure B.6: Agreement between the methods for assessment of end-systolic left ventricular
rotation at basal (4) and apical (5) levels. Solid symbols indicate patients and open symbols
indicate normal subjects. Upper row: Scatter plots with lines of identity. The column method is
on the ordinate axis and the TDI1 method is on the abscissa. Lower row: Agreement shown as
Bland-Altman plots, with the bias± 2SD for each level indicated as dashed lines. The difference
on the ordinate axis is calculated as TDI1 method - column method. The abscissa shows the
mean of TDI1 and column method.
B.4.1 Agreement
One patient was excluded because the B-mode image quality was too low to define the
borders of the myocardial wall with the ultrasound methods. In the TDI methods, one
additional basal level was excluded because of large translation of the left ventricle
during the cardiac cycle. One basal level from MRI was accidentally lost during
exportation of data from the MRI scanner. Figure B.6 shows the agreement of basal
and apical rotation between TDI1 and the other methods. The figure shows that the
new TDI1 method reports significant higher absolute end-systolic rotation than the
TDI0 method for the apical level, but still significantly lower absolute values than
found by speckle tracking and MRI. For the basal level, there is no significant bias
except when compared with MRI.
Figure B.7 shows the agreement between methods in assessment of the twist angle
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Figure B.7: Agreement between the methods for assessment of left ventricular angle of twist in
ten normalized time points in systole. Upper right triangle: Agreement shown as Bland-Altman
plots, with bias and 95% limits of agreement indicated as dashed lines. The difference on the
ordinate axis is calculated as row method - column method. The abscissa shows the mean of the
row and column method. Lower left triangle: Scatter plots with lines of identity. The column
method is on the abscissa and the row method is on the ordinate axis.
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Figure B.8: Agreement between the methods for assessment of left ventricular twist velocity in
ten normalized time points in systole. Upper row: Scatter plots with lines of identity. The column
method is on the ordinate axis and the TDI1 method is on the abscissa. Lower row: Agreement
shown as Bland-Altman plots, with bias and 95% limits of agreement indicated as dashed lines.
The difference on the ordinate axis is calculated as TDI1 method - column method. The abscissa
shows the mean of the TDI1 and column method.
in ten normalized time points in systole for the mixed population of patients and
healthy subjects. The Bland-Altman plots demonstrate clear relationships between
the differences and the mean, as well as between the standard deviations and the
mean. The limits of agreement are therefore estimated using the regression approach
suggested by Bland and Altman (1999). Analysis of the end-systolic values showed a
significant underestimation of the absolute twist values in both TDI methods compared
with MRI (agreement 5.2± 3.2◦ for TDI0; 4.1± 2.1◦ for TDI1) and speckle tracking
(4.3 ± 3.2◦ for TDI0; 2.5 ± 4.0◦ for TDI1). The agreement in estimated end-systolic
twist between TDI0 and TDI1 was 1.8± 4.5◦.
Figure B.8 shows the agreement between methods in assessment of the twist
velocity in the same normalized time points in systole, estimated using a 50-ms window.
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Figure B.9: Basal and apical end-systolic rotation in six circumferential segments; average of 11
healthy subjects. Error bars indicate the standard deviation. TDI0 is not included in the figure
as it does not permit calculations of regional rotation values.
B.4.2 Regional rotation
The investigation of circumferential variations in rotation revealed a near sinusoidal-
shaped segmental variation of average basal end-systolic rotation in healthy subjects
(Fig. B.9), as well as in patients (not shown). The highest values were found near the
anterolateral wall. A similar sinusoidal distribution of rotation could also be seen at
the apical level, but with a larger variation between the methods.
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Figure B.10: Repeatability coefficients for end-systolic twist angle for the four methods for
patients and healthy subjects. The error bars show the 95% confidence intervals of the
repeatability coefficient estimate.
B.4.3 Reproducibility
Three (two patients, one healthy) of the ten included subjects were excluded from
the reproducibility analysis because of incomplete data in some of the imaging
modalities. Repeatability coefficients for end-systolic twist angle are shown in Figure
B.10. The lowest repeatability coefficients were associated with the TDI0 method,
but the differences between the methods were not found to be statistically significant.
Reproducibility for basal and apical end-systolic rotation (separate values not shown)
was better than for end-systolic twist angle, especially the basal level where the
intraobserver repeatability coefficients were 1.5◦, 1.2◦, 2.2◦ and 3.4◦ for MRI, TDI0,
TDI1 and STE, respectively. Separate analysis of patients and normal subjects
revealed no significant differences in the reproducibility of end-systolic twist between
the two groups.
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B.5.1 Agreement
The rotation and twist patterns for healthy subjects by the new TDI method presented
in this study (see Figs. B.3 and B.5) are similar to what has been reported earlier:
the counterclockwise rotation in early systole at the basal level is followed by a larger
clockwise rotation. At the apical level, the counterclockwise rotation continues through
the whole systole, and is not inverted until the beginning of diastole. This results in a
monotonically decreasing twist angle in the systole, which is followed by a rapid untwist
in early systole. As illustrated in Fig. B.5, the twist pattern was quite homogeneous
in our group of healthy volunteers.
Figure B.7 indicates a linear relationship between the twist estimates from the
different methods, but that the factor of proportionality varies between the subjects.
Overall, the TDI methods measured lower absolute twist angles than MRI and STE.
The same trend was reported for peak systolic twist by Notomi et al. (2005) for TDI0
versus MRI, but with a much lower bias (0.35◦). The disagreement is because of
lower measured absolute rotation at the apical level, as is evident in Fig. B.6. The
lower panel in Fig. B.3 shows how the TDI methods typically cut down on the negative
peak measured by the two other methods. A reason for this disagreement might be the
discrepancies in the ROIs, caused by (i) differences in the initial contours, due to poor
wall definition; (ii) misalignment of the imaging planes; (iii) differences in ROI size
between the methods; and (iv) drifting caused by the tracking. Because the rotation
in the LV is known to vary both longitudinally and transmurally, these discrepancies
in ROIs might cause errors in the rotation estimate. A previous study by Buchalter
et al. (1990) reported a twist angle of the endocardium that was about twice that of
the epicardium. In the longitudinal direction, values from Buchalter et al. (1990) and
Kim et al. (2007) indicate an average torsion of 3.0◦/cm and 3.4◦/cm, respectively.
The wide limits of agreement seen in Fig. B.6 are consistent with the high
repeatability coefficients associated with the methods. At both basal and apical levels
the differences between the TDI1 method and the three other methods are very large
in some subjects compared with the range of rotation values. On average, the rotation
values from the new TDI1 method lie between the results from the TDI1 method and
speckle tracking method. The agreement with MRI was worse than with the two echo
methods, possible because of misalignment of the imaging planes and the time lapse
between the data acquisitions.
In the comparison with STE and MRI, the patients are overrepresented among the
subjects with the highest underestimation for the TDI1 method. This was probably
caused by lower image quality in the patients than in the young healthy volunteers.
This trend is not seen in the comparison with the TDI0, where the distribution of
the difference is quite similar for the two groups. The high basal bias seen in the
comparison with MRI is highly affected by the difference in one subject, which might
be considered as an outlier. As expected, the average absolute apical rotation in the
patient group was lower than in the normal group, although Fig B.6 reveals that some
patients had high apical rotation. The patients included in this study had infarctions of
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different localizations and extents, which is reflected in a much wider range of values
for end-systolic rotation than for the healthy subjects. In the interpretation of the
differences between patients and healthy subjects in this study it should be kept in
mind that differences in demographic variables, such as for example age (Takeuchi
et al., 2006), would affect the rotation in addition to the myocardial infarction.
Separation of these factors falls beyond the scope of this method comparison study.
The differences in Fig B.6 show a similar dependence on the mean for the patients and
the healthy subjects.
The Harp analysis in MRI, the speckle tracking of B-mode images and the Doppler
methods are affected by out-of-plane motion caused by the shortening of the LV. This
effect is most pronounced at the base, where the out-of-plane-motion often exceeds
10 millimeters in healthy subjects. The large MRI slice thickness (1 to 2 cm) that
was used to handle this motion results in a longitudinal averaging of the rotation
measurements that could affect the rotation values, especially when the rotation
is known to increase non-linearly from the base to the apex (Young et al., 1994).
The difference in slice thickness between MRI and ultrasound could be minimized by
defocusing the ultrasound beam, but this would lead to more decorrelation and reduce
the sensitivity of the ultrasound methods. The fundamental differences in image
acquisition are also preventing absolute coincidence between the motion measured
by tagged MRI and the motion measured by 2D echocardiography: The tag lines
tracked by the MRI method is actually the intersections between a set of deformed
out-of-plane tag planes and the imaging plane, whereas the ultrasound methods have
no similar reference to the out-of-plane configuration of the LV in the first frame.
Direct comparison between rotation values measured by MRI and echocardiography
would be possible, however, when the displacements of material points are found by
3D speckle tracking in ultrasound volume data and by 3D tagging (Ryf et al., 2002).
Unfortunately, an analogous extension of the TDI method is not possible.
The effect of errors in the calculation of the tangential velocity estimate Vt,i in eqn
B.4 is highly dependent on the angle θtb,i between the ultrasound beam direction ~eb,i
and the tangent to the LV circumference ~et,i. An error ∆Vb,i in the Doppler velocity
and an error ∆Vn in the contraction velocity will affect the estimated Vt,i according
to the following equation:
∆Vt,i = ∆Vntan(θtb,i) + ∆Vb,isec(θtb,i) (B.6)
An error in Vn is the most likely because it is not measured locally. Errors in the
assumption of a circular LV will cause Vn to vary along the LV circumference, giving
an error Vn,i that is amplified in the parts of the LV where the angle between the beam
and the LV circumference is large. An inherent weakness in the TDI methods is the
inability to use the velocity data to estimate the lateral component of the translation
of the LV center. In this study this translation is found by interpolation between
user-drawn points, which could induce errors both in the placement of the ROIs and
in the center velocity Vc in eqn B.4.
It could be argued that the agreement in this study could have been improved by
a stricter selection of levels used for analysis. In a recent study, Kim et al. (2007)
found only 35% of 160 healthy volunteers feasible for estimation of torsion by STE
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by using a few rules of thumb regarding how the rotation traces should look like but,
because there was no reference method, it is not known whether this approach really
would improve the agreement. The degree of drift of the tracked points during one
cardiac cycle is often used as a threshold value for feasibility. However, the drift error
often arises after the rapid changes in end-systole and does not necessarily reflect the
tracking error in systole. For the STE method, visual evaluation of the quality of the
B-mode images and the apparent accuracy of the tracking of myocardial points could
give an indication of the feasibility for assessment of rotation. Conversely, for the TDI
methods, the evaluation of feasibility of rotation estimates based on image quality and
tracking quality is more difficult.
B.5.2 Regional rotation
The measured regional rotation angles are highly dependent on the estimate of the
center point (Young et al., 1994). A displacement ∆x of the center point would induce
a maximal segmental variation of rotation ∆Θ:
∆Θ = ±tan−1
(
∆x
r
)
(B.7)
For instance, a deviation of the center position equal to a twentieth part of the radius
would in theory cause a maximal regional difference of 5.7◦ between the segments
perpendicular to the vector of displacement. This could explain the sinusoidal shape of
segmental basal end-systolic rotation seen in Fig. B.9, which would probably disappear
if the average center point is moved slightly in the direction of the anteroseptal wall.
The global rotation on the other hand, is quite robust for small deviations in the
center estimate because of symmetry of the error. This observation, together with the
large variability in the methods, limits the value of regional rotation and twist angle
as clinical parameters. On the other hand, estimation of global rotation has to be
averaged over several segments in order to reduce errors because of deviations in the
center estimate.
B.5.3 Reproducibility
There were no significant difference between the intra- and interobserver repeatability
coefficients for any of the methods in this study. This can probably be explained by the
low number of subjects and the large degree of automation. The lowest repeatability
coefficients were associated with the TDI0 method, but the differences between
the methods were not found to be statistically significant. The high repeatability
coefficients relative to the mean values are somehow surprising, considering the degree
of automation in the methods, and can indicate that the methods are sensitive to small
deviations in the user interaction. The reproducibility was much better at the basal
level than at the apical. The small LV radius and the complex deformation at the
apical level imply that the angular estimates at this level are particularly sensitive to
small deviations in the initialization. In addition, the apical echocardiographic images
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had overall lower image quality, and the coarse trabeculae carneae near the apex often
makes it difficult to define a unique center point and radius.
The analysis revealed no difference between normal subjects and patients in terms
of reproducibility. It would be expected that the lower image quality from the patients
would cause higher variance in the placement of the initial contours, but on the other
hand, the lower absolute rotation in the patients are likely to give less variation in
rotation values due to the dependence of the mean.
B.5.4 Limitations
The relation between the difference and the mean for the agreement between many
of the methods in this study, and the shifted reference time point of rotation and
twist, should be taken into consideration when comparing the results with other
studies. None of the subjects in this study had severely deformed ventricles, and it is
expected that the TDI methods would produce erroneous rotation values in such cases
as the assumption of an approximately circular LV would be invalid. The separate
repeatability coefficients for patients and healthy subjects were based on very small
populations.
B.6 Conclusions
A new method for estimation of LV rotational motion from TDI has been developed.
Compared with MRI and STE, the new TDI method gave lower absolute values for end-
systolic twist angle (agreement −4.1± 2.1◦ and −2.5± 4.20◦, respectively). The lower
agreement was found at the apical level. The interobserver repeatability coefficient
was 3.9◦, not significantly different than for MRI (5.6◦), STE (5.6◦), or the use of TDI
velocities in tangential points (3.4◦).
The agreement and reproducibility of the new method were found to be better for
basal rotation than for apical rotation and twist. The high temporal resolution and
the possibility of detecting regional variations makes the new extended TDI method
a useful supplement to speckle tracking and MRI for investigation of the twisting
behavior of the LV.
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Paper C
3D Speckle Tracking for Assessment of Regional Left
Ventricular Function
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Speckle tracking in two-dimensional ultrasound images has become an established
tool for assessment of left ventricular function. The recent development of
ultrasound systems with capability to acquire real-time full volume data of the
left ventricle makes it possible to perform speckle tracking in three dimensions, and
thereby track the real motion of the myocardium. This paper presents a method
for assessing local strain and rotation from 3D speckle tracking in apical full-volume
data sets. The method has been tested on simulated ultrasound data based on a
computer model of the left ventricle, and on patients with myocardial infarction.
When applied on simulated ultrasound data, the method showed good agreement
with strain and rotation traces calculated from the reference motion, and the method
was able to capture segmental differences in the deformation pattern although the
magnitudes of strains were systematically lower than the reference strains. When
applied on patients, the method demonstrated reduced strain in the infarcted areas.
Bulls-eye plots of regional strains showed good correspondence with wall motion
scoring based on 2D apical images, although the dys- and hypokinetic regions were
not apparent in all strain components.
The video clips cited in this article can be found online at
http://www.umbjournal.org.
C.1 Introduction
The advent of ultrasound scanners with full volume imaging capabilities has prepared
the ground for 3D speckle tracking. However, with the introduction of a new
dimension, new challenges arise. The number of beams needed in a full volume
acquisition of the left ventricle (LV) limits frame rate. Several techniques have been
applied to overcome the frame rate problem, including gated capture over several
cardiac cycles (usually 4-6) (Brekke et al., 2005) and multiple line acquisition where
multiple image scan lines are obtained for each transmit pulse (von Ramm et al., 1991).
Using these techniques, the current commercial systems are able to assess 3D full
volume images of the LV at a rate of about 20 frames per second (fps). For 2D speckle
tracking of conventional B-mode images, a minimum frame-rate of at least 30 fps is
recommended by most studies (Ingul et al., 2005; Suffoletto et al., 2006) due to the
frame-to-frame changes (decorrelation) of the speckle pattern caused by factors such
as out-of-plane motion and tissue deformation. With 3D speckle tracking on the other
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hand, there will be no problems with out-of-plane motion and the temporal correlation
is therefore expected to improve. In this study, we have examined the performance of
a 3D speckle tracking algorithm when applied to full volume ultrasound recordings of
the LV.
Speckle is an inherent characteristic of ultrasound imaging and arises because sub-
resolution scatterers cause interference patterns in the image. The observed speckle
pattern would therefore not correspond to the underlying structure of the tissue
(Anderson and Trahey, 2006). The speckle pattern is deterministic but will gradually
change when the structure is deformed, or when the angle between the structure and
the local wave-front changes (Meunier, 1998). As long as these changes are small, the
local motion of material points between two frames can be estimated by tracking of
the speckle patterns in the images. This is often referred to as speckle tracking but
as the tracking is also affected by the motion of larger structures, the term feature
tracking is preferred by some authors.
Figure C.1: Speckle tracking in 3D sector scan
Speckle tracking is performed by block matching, where the displacement of a
material point is found as the displacement of a region of interest around the point in
the source frame that results in the best match with a target frame. The displacement
search is usually limited to a search region around the point based on assumptions
of the maximal tissue velocities. Figure C.1 illustrates the block matching in volume
data.
Different matching criteria can be applied. The most common is to maximize the
normalized cross correlation coefficient, or minimize the sum of squared differences
(SSD) or the sum of absolute differences (SAD). The speckle pattern is observable
in radio frequency data (RF-data) as well as in the envelope-detected and scan-
converted data. All of these representations can therefore be used as a basis for
speckle tracking. To be able to assess sub-sample resolution of the frame-to-frame
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displacement estimates, some kind of interpolation technique has to be applied
(Geiman et al., 2000). This is especially important in the two lateral directions
(azimuth and elevation) where the resolution usually is lower than in the range
direction. One possibility is to interpolate the image data. However, for most
applications it is more suitable to interpolate the matching function in order to limit
memory requirements and computation time.
Most of the early work on 3D speckle tracking has been limited to simulated data
and theoretical studies due to lack of commercially available ultrasound scanners with
volume acquisition. Meunier (1998) investigated how 3D speckle motion correlated
with 3D tissue translation, rotation and deformation. This was further investigated in
a study by Yu et al. (2006), which also examined the feasibility of speckle tracking on
RF-data versus envelope-detected data. Chen et al. (2005) showed the benefits of 3D
speckle tracking using a correlation-based method applied on simulated ultrasound
images of a bar phantom, and Jia et al. (2007) compared 2D and 3D speckle
tracking using a pulsative tissue-mimicking LV phantom, which made it possible to
record volume data with increased number of frames per cycle. Song et al. (2007)
demonstrated 3D speckle tracking in real data sets using motion coherence of a set of
septal points, and reported good agreement with manual tracking of the same points.
An alternative approach for assessment of 3D LV deformation by ultrasound has
been presented by Elen et al. (2007), where the transformation of the data between
frames is estimated using spatio-temporal elastic registration. This approach has
however currently much longer processing time than speckle tracking, with reported
frame-to-frame registration time between 30-45 minutes.
The aim of this study was to develop a robust and fast 3D speckle tracking method
for assessment of regional LV function. The developed algorithm is described in detail,
and has been tested on synthetic 3D ultrasound data with known reference motion.
The algorithm was also demonstrated on human subjects; one healthy and two patients
with different infarct locations.
C.2 Methods
C.2.1 The 3D speckle tracking algorithm
Our algorithm tracks and regularizes the motion of the left ventricular wall, given an
initial quadrilateral mesh of tracking points in one initial frame. The block matching is
done on envelope-detected beam data using SAD as the matching function. The size of
the volume of interest (VOI) that is used as matching kernel is defined in rectangular
(Cartesian) coordinates, and thereafter converted to an integer number of beams and
samples in beam space according to depth r (i.e. the distance to the probe).
V OIbs =
[
b∆y
dr
c, b∆x
rdθ
c, b∆z
rdφ
c
]
(C.1)
where ∆x, ∆y, and ∆z determine the spatial extent of the VOI, and dθ and dφ are
the angular differences between neighbor beams. A lower limit is placed on the VOI to
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ensure that it contains a minimal number of beams at all depths. The search volume
should be large enough to cover all possible myocardial velocities. In order to limit the
search volume size, the displacement of the atrioventricular (AV) plane is estimated
first by tracking a set of VOIs in the beam direction. This displacement estimate is
then used to shift the center of the search volumes along the beam according to their
depth in each frame, by assuming that the velocity varies linearly from the probe to
the depth of the mitral valve. The search volume is limited by the maximal expected
myocardial velocities relative to the shifted center of the search volume. Similar to
the VOI, the lateral extent of the search volume is calculated for each depth in order
to compensate for the geometry of the sector scan.
When the integer displacement between two frames has been found as the
displacement that minimizes the SAD, normalized cross correlation coefficients are
calculated from the VOIs around the SAD minimum and around its six neighbor voxels.
The sub-resolution displacement component δ is estimated in each direction across the
SAD minimum by fitting a Gaussian function to the three directional neighbors of these
seven correlation coefficients (Westerweel, 1993):
δ = 0.5
ln(ρ−1)− ln(ρ+1)
ln(ρ−1)− 2ln(ρ0) + ln(ρ+1) (C.2)
where ρ−1, ρ0 and ρ+1 are the correlation coefficients in one of the directions.
A regularization of the displacement of the LV mesh is performed after each
tracking step. Points that fall outside the sector or points with poor tracking quality
(i.e. correlation coefficients < 0.1) are automatically excluded. The displacement
vectors are converted to true space (Cartesian) coordinates. Each displacement
vector is decomposed into three orthogonal components: A transmural component
perpendicular to the mesh, a longitudinal, and a circumferential component. Missing
values are estimated using a spring metaphor, which minimizes the difference to
adjacent points by calculating the least squares solution to a set of linear equations.
Each component is smoothed separately, using a two dimensional Gaussian low-pass
filter with a standard deviation equal to three mesh points. Finally, the displacements
are added to the coordinates of the tracking points in the previous frame.
The tracking is performed both forwards and backwards through the cardiac cycle,
and the coordinates of the tracking points from each direction are then weighted
linearly in time in order to compensate for drift.
When the orientation of the LV is indicated by the user, the LV mesh is divided
into 16 segments (Cerqueira et al., 2002), thereby making segmental analysis possible
(Fig. C.2).
C.2.2 Generation of synthetic ultrasound data
A computer simulated ultrasound full-volume data of a simplified dynamic model of
LV myocardium was generated in order to compare the 3D speckle tracking with a
known reference motion. The LV myocardium was modeled as a set of point scatterers
with zero-mean Gaussian distributed backscatter coefficients. Each scatterer was
displaced through the cardiac cycle according to the calculated motion of the LV
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Figure C.2: Left ventricular segments.
wall obtained from a finite element (FE) simulation model of an ellipsoidally shaped
LV (Remme and Smiseth, 2007). Simulated ultrasound images were generated from
this model by using an in-house ultrasound imaging simulation program, called FUSK
(Fast Ultrasound Simulation in K-space) (Hergum et al., 2006). FUSK is a fast 3D
ultrasound imaging simulation tool, where a point spread function is convolved with
the point scatterers of the model. This convolution is performed in the frequency
domain to reduce processing time, and the scatterer positions are transformed to beam-
space instead of Cartesian space. Having a spatially invariant ultrasound imaging
system in beam-space equals imaging using a constant f-number (i.e. the ratio of depth
to aperture), which is a good approximation of using a wide transmit beam, dynamic
focus and expanding aperture upon reception. These are quite typical settings for
cardiac imaging if parallel beams are used. The point spread function is constructed in
the baseband of the spatial frequency domain (K-space) according to the Fraunhofer
approximation (Walker and Trahey, 1998). The point scatterers are filtered with
a baseband-demodulated antialiasing filter, making sure that the filter has a wider
transition band than the point spread function along all dimensions. This enables the
simulation to run on a beam-space grid and still handle sub-resolution movement of
scatterers between frames, as this is crucial for the time-dependence of the speckle
pattern. Together these approximations make the simulation tool run three orders of
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Table C.1: Tracking parameters.
VOI kernel size: 6× 6× 6 mm
Search volume size
- max. lateral velocity: 50 mm/s
- max. axial AV velocity (pretrack): 250 mm/s
- max. axial velocity deviation: 50 mm/s
Table C.2: Study subjects.
Heart rate Frame rate
Subject Description Sex Age (bpm) (Hz) Data size
1 Healthy M 21 54 27.6 396×100×56
2 Anterior MI M 52 57 29.5 364×100×56
3 Inferior MI M 70 50 22.4 364×116×64
magnitude faster than impulse-response based simulators like Field II (Jensen, 2004).
Images are made from the resulting complex demodulated data (IQ-data) by
detection, logarithmic compression and scan-conversion. Figure C.3 shows an example
of a simulated LV. A movie clip showing a complete simulated cardiac cycle can be
found in Movie 1 in the online edition.
C.2.3 Testing of the algorithm on synthetic data
A complete cardiac cycle with total duration of one second was created in silico,
consisting of 21 simulated 3D images constructed from the left ventricular FE-model
with an inferoapical myocardial infarction (MI) (see Fig. C.3). The simulation
parameters were chosen to be comparable to the specifications of the V3S matrix
array probe (GE Vingmed Ultrasound, Horten, Norway). The frequency was 1.7 MHz
on transmit and 3.4 MHz on receive (harmonic imaging) and the size of the resulting
beam space volume was 343 samples× 149 azimuth beams× 117 elevation planes.
The initial geometry was set to correspond to material mid-wall points from the FE
model in end-systole, in order to allow point-wise comparison of the tracked motion.
The simulated ultrasound data were tracked using the speckle tracking method with
the settings in Table C.1. Longitudinal and circumferential strains  were calculated
as:
(t) =
L(t)− L0
L0
(C.3)
where L(t) is the distance between two neighbor points in the ordered mesh at time
t, and L0 is the distance between the same points in end-diastole. The strain values
from speckle tracking were compared with strain calculated from the corresponding
scatterers from the model. Transmural strain trans(t) was approximated (assuming
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Figure C.3: Simulated ultrasound image of the left ventricle: Cross-sections (left panel) and
volume rendering (right panel).
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incompressible myocardium and neglecting shear strains) as:
trans(t) ≈ 1(1 + long(t)) (1 + circ(t)) − 1 (C.4)
Points with average correlation coefficients below 0.1 were omitted from the calculation
of segmental strain.
LV rotation was calculated as the angular displacement of the tracked points around
the long-axis defined by the apex and the center of the basal points. Positive rotation
values correspond to clockwise rotation as seen from the apex.
C.2.4 Testing of the algorithm on human data
Three male subjects, two with previous MI and one healthy volunteer (Table C.2),
were included in the study after having given written informed consent. These example
subjects were selected from a population in an earlier study (Amundsen et al., 2008)
consisting of 21 subjects (11 healthy, 10 patients with MI) on the basis of image quality
(absence of imaging artifacts and good LV coverage). The study protocol was approved
by the Regional Committee for Medical Research Ethics. Full volume apical images of
the LV were obtained using a Vivid 7 ultrasound scanner (GE Vingmed Ultrasound,
Horten, Norway) and a V3S matrix array probe. Additionally, in order to be able to
perform conventional wall motion scoring, standard 2D apical 4-chamber, 2-chamber
and long-axis views were recorded using a phased array probe (M3S, GE Vingmed
Ultrasound, Horten, Norway). The frequency was 1.7 MHz on transmit and 3.4 MHz
on receive.
The LV geometry was initialized in end-systole by fitting a cropped ellipsoid to a set
of user-drawn points, by solving a non-linear least squares problem. Tracking points
were distributed in an ordered mesh on the cropped ellipsoid, with a longitudinal
spacing of 3 mm and a maximal circumferential spacing of 3 mm. The ellipsoidal
mesh was then automatically deformed locally to make the mesh coincide with the
user-drawn points, thereby allowing more irregular geometries.
Three-dimensional speckle tracking was performed on the recorded data, using
the same settings as on the synthetic data (see Table C.1). Longitudinal and
circumferential strains were compared qualitatively with results from coronary
angiography and with wall motion scoring on standard 2D apical views by an
experienced cardiologist blinded to other data (Schiller et al., 1989). Strain and
rotation were calculated as for the synthetic data. Points outside the sector or
with average correlation coefficients below 0.1 were omitted from the calculation of
segmental strain.
C.3 Results
C.3.1 Testing of the algorithm on synthetic data
Figure C.4 shows the tracked mesh in end-diastole and end-systole. A corresponding
video clip showing the tracking can be found in Movie 2 (online supplement).
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Figure C.4: Three-dimensional speckle tracking in a simulated left ventricle in end-diastole. The
tracked mesh (red) and the reference mesh (green) are shown in the leftmost panel. The other
panels show the intersections of the tracked mesh (red markers) and the reference mesh (green
markers) with three short-axis levels, with vectors indicating the displacements relative to the end
systolic configuration.
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Figure C.5: Longitudinal strain from simulated ultrasound data in 16 left ventricular segments.
Solid lines show strain estimated by speckle tracking and dashed lines show strain calculated from
the reference model.
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Figure C.6: Circumferential strain from simulated ultrasound data in 16 left ventricular segments.
Solid lines show strain estimated by speckle tracking and dashed lines show strain calculated from
the reference model.
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Figure C.7: Bulls-eye plots showing end-systolic longitudinal, circumferential and transmural
strain from the reference model (upper row) and as estimated by 3D speckle tracking (lower row).
Figure C.5 shows longitudinal strain from speckle tracking and the corresponding
material points from the model, and it can be seen that the method was able to
differentiate between healthy segments and pathological apical segments. In the
inferoapical segment, the tracking failed to capture the rapid initial systolic stretching.
The same ischemic pattern was found for circumferential strain (Fig. C.6); however, in
this case the pathological stretching of the inferoapical segment was captured correctly.
Bulls-eye plots of the end-systolic strain (Fig. C.7) show that the extent and
location of the apical myocardial infarction was detected by the speckle tracking.
In the figure, red colors correspond to contraction and blue colors correspond to
elongation or thickening. Analysis of the end-systolic circumferential strain values
shows that speckle tracking on average underestimated the circumferential strain by
20% for absolute reference strains above 5%. For end-systolic longitudinal strain, the
average underestimation by speckle tracking was 26%.
Figure C.8 shows the change in end-systolic rotation from apex to base from the
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Figure C.8: End-systolic rotation from base to apex (left column) and basal and apical rotation
traces (right column) calculated from the reference model (upper row) and as estimated by speckle
tracking (lower row).
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reference model and estimated by the speckle tracking, and examples of apical and
basal rotation traces. The gradual change from counter-clockwise rotation at the apex
to clockwise rotation at the base is detected by the speckle tracking.
C.3.2 Testing of the algorithm on human data
Figure C.9: Three-dimensional speckle tracking in a healthy left ventricle. Upper row: The
tracked mesh in end-diastole (left column) and its intersections with three short-axis levels. Lower
row: The tracked mesh in end-systole (left column) and its intersections with three short-axis
levels. The color coding corresponds to the division into LV segments.
Figure C.9 shows the tracked mesh for the healthy subject at end-diastole and end-
systole. Video clips showing the tracking in all three subjects can be found in Movies
3–5 (online supplement). Figures C.10 and C.11 show longitudinal and circumferential
strain in each of the LV segments as estimated by the speckle tracking method. The
healthy subject was shown to have a regular strain pattern in all segments. Average
longitudinal and circumferential strain was −15, 3% and −22.1%, respectively. The
absolute value for peak systolic longitudinal strain increased from base (11.3%) to
apex (19.6%), and the absolute peak systolic circumferential strain was reduced in the
septal segments.
Coronary angiography identified left anterior descending artery and right coronary
artery as culprit arteries in subject 2 and 3, respectively. Bulls-eye plots of the strain
121
Paper C. Left ventricular deformation and rotation by 3D speckle tracking
−35
−30
−25
−20
−15
−10
−5
0
5
St
ra
in
 (%
)
Anterior Anteroseptal Inferoseptal Inferior Inferolateral
−35
−30
−25
−20
−15
−10
−5
0
5
Anterolateral
Ba
sa
l
−35
−30
−25
−20
−15
−10
−5
0
5
St
ra
in
 (%
)
−35
−30
−25
−20
−15
−10
−5
0
5
M
id
0 0.4 0.8
−35
−30
−25
−20
−15
−10
−5
0
5
Time (s)
St
ra
in
 (%
)
0 0.4 0.8
Time (s)
0 0.4 0.8
Time (s)
0 0.4 0.8
−35
−30
−25
−20
−15
−10
−5
0
5
Time (s)
Ap
ica
l
Figure C.10: Longitudinal strain in 16 left ventricular segments estimated by speckle tracking in
a healthy subject.
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Figure C.11: Circumferential strain in 16 left ventricular segments estimated by speckle tracking
in a healthy subject.
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Figure C.12: Bulls-eye plots showing end-systolic longitudinal, circumferential and transmural
strain estimated by 3D speckle tracking in three subjects, and wall motion scoring based on 2D
apical images from the two patients. White spots correspond to areas with insufficient tracking.
(LAD: left anterior descending artery; RCA: right coronary artery; Ant: anterior; Inf: inferior, Sep:
septal; Lat: lateral.)
distribution in the LVs are seen in Fig. C.12. The white regions seen in the bulls-eye
plots correspond to missing values caused by motion of tracked apical points out of
the image volume. The results of the wall motion analysis for the two patients are
displayed as bulls-eye plots in Fig. C.12. For the subject with anterior MI, a hypo-
and dyskinetic area is apparent in the anterior and anteroseptal segments in the three
strain plots. This area corresponds to the segments labeled as hypokinetic in the
wall motion plot. For the subject with inferior MI, an area with reduced strain is
seen in the basal inferoseptal to inferolateral segments. In the bulls-eye plot showing
longitudinal strain, a distinct dyskinetic area is observed in the basal inferior and
inferoseptal segments, corresponding to the area with reduced function shown by wall
motion analysis. In addition, a thin dyskinetic area close to the base is seen in the
anteroseptal to the anterolateral segments for the longitudinal and transmural strain
plots.
Figure C.13 shows the change in end-systolic rotation from apex to base estimated
by speckle tracking, and examples of apical and basal rotation traces from the healthy
volunteer. The end-systolic rotation changed gradually from a small clockwise rotation
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Figure C.13: Rotation in a healthy subject estimated by speckle tracking. Left: End-systolic
rotation as a function of the distance to the apex. Right: Apical and basal rotation traces.
at the base to a larger counter-clockwise rotation at the apex.
Bidirectional speckle tracking and regularization of one LV mesh for a complete
cardiac cycle took approximately 4 minutes on a 1600–MHz Intel Pentium M processor.
C.4 Discussion
C.4.1 General discussion of the 3D speckle tracking algorithm
The developed algorithm tracks tissue motion by SAD block matching and utilizes
the correlation coefficients in order to achieve sub-voxel displacements. The search
volume size is limited by pre-tracking of the AV-plane motion, and regularization
of the displacement vectors is done by local smoothing of the components parallel
and perpendicular to the tracking mesh. The method makes it possible to estimate
longitudinal and circumferential strain in all LV segments and the change in LV
rotation along the center axis. In addition, transmural strain is approximated by
assuming volume conservation.
The block-matching approach is dependent on preservation of image features from
frame to frame. Deformation and rotation around an axis that is perpendicular to the
beams change the speckle pattern and lead to decorrelation in the block-matching. For
a 3–MHz transducer, a paper by Meunier (1998) states that such rotation should be
below about 4◦ and that the deformation should be below about 10% between frames
to permit reliable speckle tracking. In sector-scans, lateral translation would also result
in decorrelation of the speckle pattern, as this corresponds to a rotation relative to the
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beam angle (Meunier and Bertrand, 1995; Trahey et al., 1986). Trahey et al. (1986)
showed that a lateral displacement of approximately 40% of the effective aperture
would remove the correlation of the speckle pattern. Local rotation around an axis
parallel to the local beam direction should not change the speckle pattern. However,
this will still cause a mismatch in the current block-matching implementation, which
assumes that the VOI is subject to translation only and neglects any rotation or
deformation of the tissue within the VOI. This could be solved by allowing rotation
of the volume of interest, at the expense of computational efficiency. For the subjects
in this study, with cycle lengths > 1 s and frame rate > 20 fps, it is expected that the
frame-to-frame deformation and rotation is below the theoretical limits. However, the
rotation and deformation would still lead to some decorrelation and thereby increase
the possibility of erroneous displacement estimates.
The choice of the size of the search volume is an important factor in 3D speckle
tracking. Too large search volumes will increase the computational cost and the risk
of random matches far away from the source point. On the other hand, too small
search volumes would always lead to erroneous matches, although closer to the source
points. Another important factor is the amount of regularization performed on the
tracking. Less spatial regularization of the displacements along the mesh would result
in less smoothing of the borders between areas with high and low strain values, e.g.
an infarct border zone. At the same time, it would also make the overall tracking
more sensitive to errors originating from VOIs with erroneous displacement estimates.
In other words, less regularization is expected to increase the method’s sensitivity
to detect small regions with reduced deformation, but would decrease the specificity.
Spatial regularization may result in an underestimation of local excursion, and may
also induce a bias in the displacement estimates in the case of systematic tendencies
of the random tracking errors in each point.
Assessment of tracking quality is important for the interpretation of the results.
Visual inspection of how well the tracked points follow the tissue can be difficult and
time consuming in full volume data, and an automatic measure of tracking quality
is therefore desirable. The correlation coefficient by itself is an unreliable quality
parameter because a low value is not necessarily inconsistent with a precise and
unambiguous displacement estimate. The shape of the correlation function around
the best match would therefore probably be a better indicator of tracking quality.
In patients with a steady heart rate, the amount of drifting during the cardiac cycle
could be used as a quality measure. The divergence of the displacement estimates from
adjacent points could also be used as a measure of tracking quality, as the myocardium
is assumed to be a continuous medium. In the current study, exclusion of displacement
estimates was done by a simple threshold on the correlation coefficients, which in this
initial algorithm presentation deliberately was set very low in order to avoid unjustified
exclusion of tracking points. A more advanced exclusion scheme could be advantageous
in less optimal data sets.
The tracking of a complete cardiac cycle takes about 4 minutes using the current
implementation and the tracking parameters in Table C.1. The tracking time is mainly
determined by the size of the VOIs, the search volumes and the number of tracking
points. The processing time is expected to be further reduced, with no significant
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loss of tracking quality, by software optimization (e.g. by parallelization of the SAD-
matching), optimal selection of tracking parameters and hardware upgrades. Omitting
the backward tracking would reduce the tracking time with almost 50%, but this would
also increase the impact of drift in the tracking. In addition, the processing time could
be decreased by reducing the number of VOIs at the sacrifice of spatial resolution.
With these speed improvements, 3D speckle tracking of the complete LV in less than
a minute should be achievable. In this study, the LV geometry in the first frame was
based on a set of user-placed points. This initialization process could be replaced by
automatic or semiautomatic 3D segmentation (Angelini et al., 2005; Hanseg˚ard et al.,
2007), making the overall deformation analysis faster and less user-dependent.
C.4.2 Testing of the algorithm on synthetic data
When the method was applied on simulated ultrasound data, the resulting traces
of segmental strain showed good correspondence with the reference motion for both
shape and magnitude (Figs. C.5 and C.6). However, the simulation results showed a
systematic underestimation of the magnitudes of both circumferential and longitudinal
strains that is not seen in studies with 2D speckle tracking (Amundsen et al., 2008).
This might be a result of the spatial regularization of the displacement estimates, an
effect of the relatively large ROIs used in this study, or a result of accumulation of
errors in the subvoxel estimates.
The ischemic area is evident in the bulls-eye plots showing end-systolic strain in
Fig. C.7, but the border zone between areas with high and low strain is somewhat
smoothed due to the regularization of the tracking mesh. Some minor tracking artifacts
are seen near the apex, especially for the inferoapical longitudinal strain.
The failure to track the rapid early systolic lengthening of the infarcted inferoapical
segment in the simulation could be explained by the decorrelation of the speckle
pattern associated with the large frame-to-frame deformation. It is therefore likely that
increased frame rate would improve the tracking in this segment. The method was able
to capture the torsional motion of the simulated LV (Fig. C.8), which demonstrates
that the speckle tracking is following the tissue motion and not just the blood-tissue
boundary.
C.4.3 Testing of the algorithm on human data
In the testing of algorithm on human data there was no known reference motion, but
the results were qualitatively comparable with the results from coronary angiography
and wall motion analysis. For the healthy subject, the strain traces had physiological
shapes showing monotonic contraction in systole followed by elongation in diastole.
The absolute ES strain values were in the lower range of normal values reported by
MRI tagging (Bogaert, 2005) and 2D speckle tracking in ultrasound (Leitman et al.,
2004; Serri et al., 2006). For the circumferential strain, the low strain values could
be explained by the increase in circumferential contraction towards the endocardium,
which has been previously reported by e.g. Clark et al. (1991). As the size of the
VOI used in our study included much of the thickness of the wall, and the block-
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matching approach probably is biased towards the epicardium where there is the least
myocardial deformation, the absolute values of circumferential strain values from the
speckle tracking methods could be expected to be lower than e.g. the subendocardial
measurements in the MRI study by Bogaert (2005). The rotation pattern in Fig. C.13
is also in agreement with studies of normal hearts by 2D speckle tracking and MRI
(Buchalter et al., 1990; Helle-Valle et al., 2005; Notomi et al., 2005): The base
has a brief counter-clockwise rotation in early systole that is followed by a larger
clockwise rotation, while at the apex the counter-clockwise rotation continues until
end-systole. The unexpected drop in rotation values close to the apex could indicate
some difficulties in tracking the rotation in the most apical region. This region is
characterized by large frame-to-frame rotation close to the rotation axis that could be
difficult to capture by the relatively large VOIs used in the block matching.
The results of the wall motion analysis were consistent with the culprit arteries
identified by the coronary angiography. The wall motion scoring is principally based
on wall thickening and is therefore expected to correlate best with the transmural
strain values. In Fig. C.12, the transmural strain is seen to detect reduced contraction
in the segments labeled as hypo- or dyskinetic by the wall motion analysis, but no
transmural thickening is observed in the segments labeled as dyskinetic. The thin
basal dyskinetic area seen in the bulls-eye plots from the patient with inferior MI is
most possibly an artifact caused by tracking error close to the aortic valve. The spatial
resolution in the circumferential direction is, as seen in Figs. C.7 and C.12, better by
3D speckle tracking than what are achievable using three apical 2D views. This makes
it easier to detect small infarctions that do not coincide with the three standard apical
views, estimate the area of the affected myocardium, and detect tracking artifacts.
C.4.4 Limitations
The ultrasound simulation simplifies the imaging process by assuming that the beam
is focused at each image point. Nonlinear effects, tissue anisotropy, and image artifacts
such as side-lobes, reverberations, phase aberrations and acoustic noise are not
included in the current simulation model. Furthermore, the effect of gated acquisition
and multiple line acquisition is neglected in the model. In the demonstration of
the algorithm on human data, the method was applied on a very limited selection
of subjects with adequate image quality. Ultrasound data with substantial parts
of the LV myocardium outside the imaging volume, with conspicuous drop-outs or
reverberations, or ambiguous wall definition due to low signal to noise ratio prohibited
inclusion as an example subject. Assessment of feasibility, validity and reliability of the
algorithm applied to a general population was beyond the scope of the present study.
The pre-tracking of the axial AV-plane displacements assumes a standard apical view,
and will not be suitable for views where the predominant AV-plane motion is not in
the axial direction.
127
Paper C. Left ventricular deformation and rotation by 3D speckle tracking
C.5 Conclusions
A new 3D speckle tracking method for assessment of regional left ventricular function
from full-volume ultrasound recordings has been developed. The method was shown to
be able to quantify regional myocardial function in simulated ultrasound data and in
a selection of example subjects with good image quality, despite the limited temporal
resolution offered by the present 4D ultrasound systems.
Strain and rotation estimated by speckle tracking in synthetic ultrasound data
showed good agreement with the true motion of the underlying FE model, and was
able to capture the position and extent of the MI. The method showed also reasonable
traces for strain and rotation when applied to real ultrasound data from a healthy
subject. In the two example patients, the strain plots revealed ischemic regions that
were consistent with the results by wall motion scoring based on 2D apical images and
by coronary angiography.
The tracking and regularization of a complete cardiac cycle takes currently about
4 minutes. This could probably be reduced further, thus, making 3D speckle tracking
fast enough for clinical use.
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